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ABSTRACT
A cerebral aneurysm is an abnormal ballooning of the blood vessel wall in the
brain that occurs in approximately 6% of the general population. When a cerebral
aneurysm ruptures, the subsequent damage is lethal damage in nearly 50% of cases.
Over the past decade, endovascular treatment has emerged as an effective treatment
option for cerebral aneurysms that is far less invasive than conventional surgical op-
tions. Nonetheless, the rate of successful treatment is as low as 50% for certain types
of aneurysms. Treatment success has been correlated with favorable post-treatment
hemodynamics. However, current understanding of the effects of endovascular treat-
ment parameters on post-treatment hemodynamics is limited. This limitation is due
in part to current challenges in in vivo flow measurement techniques.
Improved understanding of post-treatment hemodynamics can lead to more
effective treatments. However, the effects of treatment on hemodynamics may be
patient-specific and thus, accurate tools that can predict hemodynamics on a case
by case basis are also required for improving outcomes. Accordingly, the main objec-
tives of this work were 1) to develop computational tools for predicting post-treatment
hemodynamics and 2) to build a foundation of understanding on the effects of con-
trollable treatment parameters on cerebral aneurysm hemodynamics. Experimental
flow measurement techniques, using particle image velocimetry, were first developed
for acquiring flow data in cerebral aneurysm models treated with an endovascular
device. The experimental data were then used to guide the development of novel
computational tools, which consider the physical properties, design specifications,
and deployment mechanics of endovascular devices to simulate post-treatment hemo-
dynamics. The effects of different endovascular treatment parameters on cerebral
aneurysm hemodynamics were then characterized under controlled conditions. Lastly,
i
application of the computational tools for interventional planning was demonstrated
through the evaluation of two patient cases.
ii
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Chapter 1
CEREBRAL ANEURYSMS AND TREATMENTS
1.1 Introduction
Recent advances in medical imaging have led to a 75% increase in early diagnosis
of cerebral aneurysms over the last decade [44]. Innovations in endovascular tech-
nology over the same period have also given rise to minimally invasive endovascular
treatments that are safer and more effective than surgical alternatives [43]. Never-
theless, endovascular treatments are unsuccessful in an alarming number of cases.
Intra-procedure mortality rates of nearly 10% and recurrence 1 rates as high as 50%
have been reported for certain types of aneurysms and treatments [43]. Such high
recurrence rates have helped fuel a 200% increase in the national bill for cerebral
aneurysm treatment over the last decade [16].
The clinical and research communities agree that hemodynamics may play a
critical role in recurrence [58]. However, our understanding of the effects of endovas-
cular treatment on aneurysmal hemodynamics is limited because of the challenges
that treatment presents. These challenges are due in part to the wide range of phys-
iologic parameters (e.g., vessel geometry) that aneurysms present in, the expanding
range of endovascular devices which can be used during treatment, and the different
techniques available for deploying each device. Further, endovascular devices also
present several challenges to established in vivo, in vitro, and in silico methods for
evaluating cardiovascular hemodynamics.
1Recurrence is clinically defined as the incomplete exclusion of the aneurysm from circulation
at follow-up
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Fundamental understanding of the effects of different treatments on aneurys-
mal hemodynamics can lead to more effective treatments. Unfortunately, fundamen-
tal understanding alone may not be sufficient for improving treatment outcomes, as
treatment effects may be patient-specific. Hence, tools for predicting treatments, on
a case by case basis are also required for improving outcomes. Accordingly, the two
main objectives of this work were to 1) develop computational methods for realisti-
cally simulating treatment and 2) build a foundation of understanding on the effects
of controllable treatment parameters on cerebral aneurysm hemodynamics.
The approach followed involved the development of realistic computational
methods for simulating hemodynamics after endovascular treatment. The computa-
tional methods considered both the physical properties and deployment mechanics
of endovascular devices (Chapter 3) and were validated through several experimen-
tal flow measurements (Chapter 2). Both computational and experimental methods
were then used to build a foundation of understanding on the effects of different en-
dovascular treatment parameters under controlled conditions. Accordingly, several
investigations were performed to that extent in idealized aneurysmal geometries that
were associated with high aneurysmal recurrence (Chapters 4 and 5). Finally, appli-
cation of the computational methods for interventional planning were demonstrated
in two patient cases (Chapter 6).
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1.2 Background
1.2.1 Cerebral aneurysms
Cerebral aneurysms are vascular malformations in the brain that affect 1 in 50 peo-
ple [76]. A typical cerebral aneurysm comprises a balloon-like aneurysmal sac that
attaches to a parent vessel at the aneurysmal neck as shown in Fig.1.1(a). If the
aneurysm goes untreated and the sac ruptures, then blood flows out of the cere-
brovascular system and into the brain. This condition, subarachnoid hemorrhage
(SAH), is highly lethal with a 30-day mortality rate of 50%. SAH affects approxi-
mately 33,000 individuals in the United States each year and accounts for up to 5%
of all new strokes [17]. An estimated 80% of SAH cases are attributed to ruptured
cerebral aneurysms [61].
Figure 1.1: Basilar tip aneurysm geometry reconstructed from computed tomography
angiography data [8].
Fortunately, cerebral aneurysms can be treated successfully to prevent rupture.
Current treatments can be broken down into two categories: surgical (executed from
outside of the affected blood vessel) and endovascular (executed from inside of the
affected blood vessel). Endovascular treatments have the advantage of being far less
invasive than surgical treatments. However, both types of treatment share a common
3
fluid dynamic goal: elimination of flow into the aneurysm. Surgical treatment accom-
plishes this goal through placement of a metallic clip across the neck of the aneurysm.
Endovascular treatments accomplish the same goal through deployment of metallic
coils into the aneurysmal sac and/or deployment of a stent or flow diverter across
the neck of the aneurysm. The international subarachnoid aneurysm trial (ISAT), a
multicenter randomized trial involving more than 2,000 patients, found that surgi-
cal treatment was unsuccessful in 31% of cases as opposed to 23% for endovascular
treatments [64]. Furthermore, a nationwide US study reported that, in comparison
to surgical clipping, endovascular treatments resulted in a 23% reduction in hospital
charges, a 44% reduction in hospital stay length, and an estimated 50% reduction in
mortality rate [43].
1.2.2 Endovascular Treatments
Coil Embolization
Endovascular coiling is the most common treatment for cerebral aneurysms [56]. The
treatment consists of deploying a sequence of embolic coils of different shapes and
sizes into the aneurysmal sac, with the intent of filling the sac and thereby reducing
aneurysmal inflow. Reducing aneurysmal inflow may initiate subsequent thrombosis
within the sac, leading to occlusion of the aneurysm and its eventual exclusion from
circulation, which is one definition of a successful treatment outcome [72].
To facilitate successful endovascular coiling, physicians typically target a high
packing density (defined as the percentage of the aneurysmal volume occupied by
coils). In order to achieve that goal, the coil deployment sequence is customized to
the geometry of the aneurysm. A wide range of coils with different stiffness, lengths,
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shapes, and sizes can be added to the deployment sequence in order to maximize
filling and enhance coil stability in a particular aneurysm.
Coil embolization is considered to be the most effective treatment for cerebral
aneurysm [43]. Nonetheless, reported recurrence rates, which describe the frequency
of unsuccessful treatment, are as high as 50% for common types of aneurysms [68].
There is strong evidence to suggest that the high recurrence rates associated with coil
embolization may be a result of unfavorable post-treatment fluid dynamics [40,58,75].
Endovascular Stenting
The embolic coiling of wide-neck aneurysms is challenging and often ineffective [39].
To facilitate coiling of these aneurysms, many clinicians deploy a highly porous self-
expandable stent across the aneurysmal neck to act as a supporting bridge for coils
[59]. High porosity 2 stents are very flexible due to their material properties and low
metal area coverage (approximately 10% of their total area), which facilitates their
advancement and deployment in tortuous cerebral vessels.
Although high porosity stents have been specifically designed to provide struc-
tural support for embolic coils, in many cases they are used as flow diverters to redi-
rect flow away from the aneurysmal sac [22, 105]. Their effectiveness, however, as
flow diverters is still poorly understood. Recently, a low porosity stent, the pipeline
embolization device (PED) (ev3, Irvince, CA, USA), has been approved by the FDA
specifically for flow diversion. The PED has an approximate 30-35% metal area
coverage. Preliminary studies have demonstrated the effectiveness of the PED as a
standalone treatment capable of diverting flow away from the aneurysm and promot-
ing rapid endothelilization across the aneurysmal neck [49, 81]. However, there are
2porosity is defined as the percentage of metal-free area over the total surface area of the stent
5
clinical concerns over the patency of perforating side-branches after PED deployment.
Further, rare occurrences of catastrophic delayed rupture have been reported [31].
1.3 The Role of Hemodynamics on Aneurysm Formation Development and Rupture
Hemodynamics are believed to play a particularly important role during aneurysm
formation, development, and rupture. Nevertheless, the exact processes that con-
tribute to the pathogenesis of aneurysms are not well understood. Complex interac-
tions between the vascular wall and hemodynamic forces, such as wall shear stress
(WSS), are believed to mediate these processes. Early studies have shown that WSS
can elicit endothelial and smooth muscle cell responses that lead to morphological
changes along the vessel wall [50, 87]. These changes may result in the development
and growth of the aneurysm over time.
Aneurysmal rupture is believed to occur when the aneurysmal wall can no
longer withstand the hemodynamic forces within the aneurysm [82]. Accordingly,
the hemodynamic environment within the aneurysm is also thought to play a major
role in aneurysmal rupture. However, there is currently no consensus on the specific
hemodynamic risk factors that contribute to rupture. Different theories have identi-
fied three major hemodynamic risk factors: 1) low WSS that weakens the structural
properties of the aneurysmal wall, 2) high WSS that leads to destructive remodeling
of the aneurysmal wall, and 3) high pressure on the aneurysmal wall [69]. Previ-
ous studies have been unable to measure excessive pressure elevations within the
aneurysmal sac. Consequently, there are no data that attribute rupture primarily
to a pressure threshold within the aneurysmal sac [82]. For that reason, theories in-
volving the long-term effects of WSS on the aneurysmal wall have been very popular
among researchers.
6
The goal of endovascular treatment is to prevent rupture by excluding the
aneurysm from circulation through flow diversion or aneurysmal occlusion. When
successful endovascular treatment facilitates vascular remodeling at the aneurysmal
neck, which seals the aneurysm from the rest of circulation. Flow into the aneurysm
has been recognized as a key factor that mediates these biological remodeling pro-
cesses.
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1.4 Current Techniques for Evaluating and Measuring Cerebral Aneurysm Hemody-
namics
1.4.1 In Vivo Techniques
Current human in vivo techniques for evaluating cerebral aneurysm hemodynamics in-
clude digital subtraction angiography (DSA), transcranial doppler ultrasound (TCD),
and phase contrast-magnetic resonance imaging (PC-MRI). DSA is the most common
clinical tool used to evaluate aneurysmal hemodynamics. Evaluation is conducted,
after treatment and during follow up, through visualization of injected contrast agent.
A contrast agent is injected directly into the parent vessel via microcatheter and flow
into the sac is evaluated through visual inspection. An example of a DSA image series
is presented in Fig.1.2. One shortcomming of DSA is that it provides a primarily qual-
itative assessment of aneurysmal inflow. Mathematical models have been proposed
for quantifying flow based on the washout of contrast agent in DSA images [79, 93].
However, these models rely on indirect measurements of aneurysm hemodynamics.
Figure 1.2: Digital subtraction angiography image sequence (a-b) of a coiled aneurysm
[11].
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Non-invasive flow measurement techniques such as TCD and PC-MRI have re-
cently been used for quantifying aneurysm hemodynamics [75]. However, these tech-
niques also suffer from certain drawbacks. One example is that the spatial resolution
of both TCD and PC-MRI is insufficient to adequately capture the hemodynamics
of cerebral blood vessels. Further, PC-MRI is incapable of measuring post-treatment
aneurysmal hemodynamics because of imaging artifacts that are caused by the metal-
lic stents and coils used for treatment. Lastly, TCD is dependent on the skill of the
examiner and the technique used for measurement [75].
Animal models have been primarily used for investigations involving both fluid
dynamics and histology [62]. Cerebral aneurysms are surgically created or induced us-
ing elastase. DSA or transcatheter based measurements are then used for quantifying
aneurysm hemodynamics [79,85].
Due to the limitations of current human in vivo techniques, the majority of
our knowledge on cerebral aneurysm hemodynamics has been derived from animal
models, and experimental and computational studies.
1.4.2 In Vitro Techniques
Previous in vitro studies have investigated the role of hemodynamics on aneurysm
development and rupture, and the effects of various endovascular treatments on
aneurysm hemodynamics [19, 25, 91]. In vitro techniques have generally consisted
of: 1) construction of an idealized or patient-specific physical model of the aneurysm
and parent vessel, 2) connection of the physical model to a flow loop, and 3) use of
optical imaging or transcatheter-based measurements to quantify fluid dynamics.
After model construction, the physical model is connected to a flow loop and a
blood mimicking solution is circulated through the loop by a pulsatile or steady flow
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pump. Transcatheter-based measurements of flow rate and pressure can be acquired
within the aneurysmal sac. However, transcatheter measurements are invasive and
provide limited information on the global flow characteristics within the aneurysm.
A less-invasive measurement option is particle image velocimetry (PIV). PIV is an
optical flow quantification technique wherein particles seeded in the flowing fluid
are illuminated by a laser and images of the moving particles are captured by high-
resolution cameras. An image of a PIV system is shown in Fig.1.3(d). Instantaneous
velocity measurements describing flow are then calculated from image data acquired
at different time points within the cardiac cycle. An image showing flow velocities
measured with PIV is presented in Fig.1.3(e). Different endovascular devices can be
deployed into the model to investigate their effects on aneurysm hemodynamics.
It is important to note that PIV is best suited among available in vitro tools
to measure flow velocities in treated models because the full-field velocimetry data
provided by PIV are quantitative (unlike flow visualization) and are more useful for
characterizing volumetric flows than point-based measurements (e.g., laser Doppler
velocimetry or mechanical velocimetry probes). Further, PIV does not suffer from
the orientation and registration problems that are inherent to velocimetry modalities
like Doppler ultrasound.
1.4.3 In Silico Techniques
Computational fluid dynamics (CFD) is by far the most commonly used technique
for modeling cerebral aneurysm hemodynamics. CFD refers to the methodology
of finding a solution to the flow-governing Navier-Stokes equations using numerical
methods and algorithms. Methods for simulating cerebral aneurysms generally consist
of: 1) construction of a computational model of the aneurysm and parent vessel, 2)
discretization of the model into hundreds of thousands to millions of mesh elements,
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Figure 1.3: Aneurysm segmented from CT image data (a), computational model (b),
physical model at the final stage of model construction (polishing) (c), PIV system
and flow loop (d), PIV results showing flow velocities within the aneurysm (e) [11].
and 3) simulation of blood flow using a set of boundary conditions at the model
inlets, walls, and outlets. An example patient-specific CFD simulation is presented
in Fig.1.4.
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Figure 1.4: Surface mesh of a computational bifurcation aneurysm (a) and CFD
simulation results showing the simulated flow streamtraces (b) [11].
CFD offers several advantages over in vitro techniques for modeling aneurysm
hemodynamics. One major advantage is that CFD permits large population studies.
Recent applications of CFD have focused on simulating the effects of endovascular
coils and stents on post-treatment aneurysm fluid dynamics [7,66]. However, the com-
plex geometries of stents and coils can present difficult challenges for computational
approaches, which is one major advantage of in vitro techniques over CFD.
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Chapter 2
INVESTIGATIONS OF TREATED ANEURYSM FLOWS USING PARTICLE
IMAGE VELOCIMETRY
2.1 Introduction: Current Challenges to the Application of Particle Image Velocime-
try to Treated Aneurysm Flows
The application of PIV to untreated vascular models has been well developed over
the last decade. Prior studies have applied 2D, stereoscopic, and tomographic PIV to
untreated physiologic flows and tortuous vascular geometries. Accordingly, flow mea-
surement challenges specific to physiologic flow conditions and complex geometries
have well established solutions. Prior studies have also applied PIV well to aneurysm
models treated with stents, which present a different set of challenges [4, 19, 55, 90].
Specifically, stents partially occlude the parent vessel and can cause PIV laser re-
flection near the aneurysm. Fortunately, the occlusion of the parent vessel is not a
large concern as the aneurysm is typically the region of interest during flow measure-
ment. However, laser reflection near the aneurysm can be problematic depending
on the amount of metal in the stent and the vascular geometry. Nonetheless, this
challenge is met with some success by using a low pass camera filter in conjunction
with fluorescent particles, adjusting the position of the laser sheet with respect to the
stent, reducing laser power, or painting the stent. However, embolic coils present more
challenging and prohibitive obstruction as compared to stents. The more problematic
measurement challenges include:
1. coils cause intense PIV laser reflections near modeled aneurysms (which can
corrupt velocimetry)
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2. coils often occlude important areas of interest (which can disable data acquisi-
tion).
3. the deployment and subsequent extraction of coils damages interior model sur-
faces (which can disrupt fluid flow and also corrupt velocimetry).
Each of the aforementioned challenges presents problems for the well-established
PIV methods that have been applied to examine flows in untreated vascular models
for over a decade, as well as more recently developed methods designed for stents,
which are less problematic than coils. As the lack of embolic coil coverage in fluid
dynamic velocimetry literature clearly indicates, the experimental and measurement
challenges posed by coils are currently met with limited success. For example, one
study applied Wall-PIV as a qualitative tool to visualize flow streams within a treated
aneurysmal sac, but used a polyamide cord for treatment rather than real coils to
overcome intense laser reflections [37]. In another study by Canton et al., 2D PIV
was used to investigate parent vessel flows in an aneurysm model treated with real
coils [19]. However, data acquired in that study were again used only in a qualitative
context because of the measurement challenges. Unfortunately, while studies that
are qualitative in nature and/or rely on coil analogs may offer some insight into the
fluid dynamic effects of coiling, they do not provide a suitable basis for quantitative
comparisons among different devices or deployment strategies.
In this chapter, improved methods for acquiring PIV data in treated aneurysm
models are described. The chapter focuses on PIV measurements in models treated
with embolic coils because they present more obstructive challenges to data acquisi-
tion as compared to stents. Further, the methods used to acquire in vitro data for
the studies in Chapters 4 and 5 are explained.
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2.2 Methods: Particle Image Velocimetry
2.2.1 Model Construction
Idealized Geometries
Three idealized computational models comprising basilar tip aneurysms were designed
in Solidworks (Solidworks, Concord, MA, USA). The models were designed under
physician supervision and were based on in vivo angiographic images of basilar tip
aneurysm anatomies. In each model, the main axis of each outlet vessel was oriented
to the main axis of the parent vessel at a 60 degree angle. 4 mm diameters were
specified for the parent vessel and outlet vessels, and a 4 mm diameter spherical
aneurysm was attached at the parent vessel bifurcation. Dimensions prescribed for
the aneurysmal sac and parent vessel, shown in Fig.2.1, were confirmed in literature
[34,70,83]. Different aneurysmal neck-plane sizes were achieved by varying the overlap
between the spherical aneurysms and the parent vessel bifurcations. Overlaps of
0.5, 1.0, and 1.5 mm were specified for narrow-neck (nneck), mid-neck (mneck), and
wide-neck (wneck) models, respectively. These corresponded to aneurysmal neck-
plane diameters of 2.64 mm (66.0% of the aneurysmal diameter), 3.46 mm (86.5%
of the aneurysmal diameter), and 3.9 mm (97.5% of the aneurysmal diameter). The
neck-plane represents the boundary that fluid must cross to enter the aneurysm. It
is defined here as the smallest circular cross-section of the aneurysmal sphere that
shares boundaries with the parent vessel. A projection of the neck-plane onto the
surface of a model is represented by the black line in Fig.2.1a. In each model, an
entrance length of 8 cm (20 vessel diameters) was included upstream of the bifurcation
to ensure that flow was fully developed before entering the bifurcation region.
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Figure 2.1: Nneck (a) and mneck (b) model dimensions [7].
An idealized model of a sidewall wide-neck aneurysm and perforator vessel was
also constructed in Solidworks. The model was designed with a 3.0 mm parent vessel
diameter, 6.4 mm aneurysmal sac diameter, and a 1.2 mm perforating vessel diameter
(to model the ophthalmic choroidal artery). A figure showing model dimensions is
presented in Fig.2.2.
Figure 2.2: Idealized sidewall aneurysm model dimensions [78].
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The computational models were translated into physical form to make trans-
parent lost-core block models. Pot metal cores were first constructed using computer
numerical-controlled cutting (CNC). Each pot metal core was secured to a water-
tight mold box. Sylgard R© 184 (Dow Corning, Midland, MI) (Shore hardness A50,
refractive index 1.41) was poured into the mold box and after hardening, the core
was evacuated.
Anatomical Geometries
Two patient geometries were selected from a database of computerized tomography
(CT) images at the Barrow Neurological Institute. The selection criteria was based
on the structural similarity between the patient geometries and the idealized models.
Next, the CT data representing the geometries were segmented and reconstructed to
form 3D computational models using Mimics software (Materialize, Ann Arbor, MI,
USA). The computational models were then made watertight using Geomagic Studio
(Raindrop Geomagic, Research Triangle Park, NC).
CNC lacks the the resolution needed for printing complex vascular geometries.
Accordingly, an in-house process was used to construct patient-specific lost-core mod-
els. The process uses rapid prototyping to print cores from a dissolvable composite
material using a ZPrinter 650 RP system (Z Corporation, Burlington, MA). The
printed cores are then used to recast a refined metal core. PolyOptic 1411 (Poly-
tek Development, Easton, PA, USA) (Shore hardness D80, refractive index 1.47) is
then cast around the metal core. Finally, the metal core is evacuated leaving a rigid
urethane lost-core model, as shown in Fig.2.3.
Patient-specific cores were cast using PolyOptic 1411 (or urethane) because
Sylgard R© 184 presents a number of problems when experiments involve device de-
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Figure 2.3: Aneurysm segmented from CT image data (a), computational model (b),
and lost-core physical model with a pressure tap circled in red [10].
ployment [104]. One problem is the softness of the material, which predisposes it
to damage from device deployment and subsequent extraction. When interior model
surfaces are damaged, the affected areas can disrupt fluid flow and/or optical imaging
(especially if the working fluid index of refraction is not matched with high accuracy
to that of the model material). Another problem is the high-friction surface charac-
teristic of Sylgard R© 184, which impedes the delivery and deployment of endovascular
devices [27]. Lastly, the malleability of Sylgard R© 184 allows for appreciable unregu-
lated model compliance during experiments, which is detrimental to validation when
comparisons are to be made to analytical and/or computational models that assume
rigid vessel walls.
2.2.2 Experimental Flow Loop
Model inlets and outlets were connected to a flow loop with flexible polyvinyl chloride
(PVC) tubing and model positioning was performed with a micron translation stage
(Newport, Irvine, CA, USA), as shown in Fig.2.4. Flow through the loop was driven
by a Compuflow 1000 piston pump (Shelley Medical, Toronto, ON, Canada). 5F
catheters were integrated into the flow loop, both upstream and downstream of the
model site, to facilitate device deployment. Equal vascular resistances were imposed
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at model outlets. A working fluid composed of glycerin, distilled water, and aqueous
sodium iodide was circulated through the flow loop. A refractometer and a viscometer
were used to ensure that the final fluid composition matched the dynamic viscosity
of blood (3.4 cP ) and the refractive index of the model material [104]. The fluid was
then seeded with 8 µm Rhodamine-B particles that experience peak excitation and
emission at 542 nm and 618 nm, respectively.
Figure 2.4: Schematic of the flow loop and PIV setup.
2.2.3 PIV Configuration
The displacements of flowing particles were captured with a Flowmaster stereo PIV
system (LaVision, Ypsilanti, MI, USA), an example particle image acquired with
the system is shown in Fig.2.5. Two Imager Intense CCD cameras were used to
acquire images at a resolution of 1376 x 1040 with a pixel size of 6.45 µm square.
The cameras were fitted with AF Micro-Nikkor 60 mm lenses (Nikon, Tokyo, Japan)
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with lens f-numbers of 8, and placed in a standard angular displacement stereoscopic
configuration as shown in Fig.2.6. Large f-number lenses were selected to: 1) mitigate
any focussing aberrations caused by unintentionally mismatched optical interfaces and
2) constrain the camera focal plane well (so as to include only particles within the
laser light sheet). A 532 nm Solo III Nd:YAG laser (New Wave Research, Freemont,
CA, USA) was used to illuminate flowing particles with a light sheet thickness of 0.5
mm. Low pass optical filters with a 572 nm cut-off (Omega Optical, Brattleboro, VT,
USA) were used in conjunction with the CCD cameras to pass particle fluorescence
while blocking laser reflections.
Figure 2.5: A PIV particle image acquired at 23.9% packing density.
2.2.4 Calibration
Stereo PIV calibration was performed using a 300 µ square planar glass calibration
plate scored with 1,322 marks of known dimensions, as shown in Fig.2.7. First,
the plate was placed coincident with the light sheet on the translation stage (with
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Figure 2.6: Schematic diagram of angular displacement stereoscopic camera configu-
ration.
no model present). Two image sets were then acquired: one with the plate at the
exact position of the light sheet and one with the plate displaced from the sheet
by 0.5 mm. Next, a mapping function within DaVis software (LaVision, Ypsilanti,
MI, USA) was used to fit parameters to a camera pinhole model. A disparity map
was then constructed from a set of acquired particle data using the self-calibration
technique [103]. Finally, disparity correction was applied to adjust the camera pinhole
model with any unintentional misalignment of the calibration plate and for changes
in the light sheet position caused by model refraction.
2.2.5 Endovascular Device Deployment
High and low porosity stents were deployed across the aneurysmal neck using fluo-
roscopic guidance. Embolic coils were deployed into the aneurysmal sac via micro-
catheter in the flow loop setup. Prior to coil deployment, a hyperform balloon was
21
Figure 2.7: Marked planar glass calibration plate.
expanded across the aneurysmal neck to prevent coils from herniating into the parent
vessel. Coil deployment was performed according to standard clinical practice by first
forming an initial basket with a larger coil and then filling that basket with smaller
coils. This process not only replicates clinical practice, but also mitigates potential
for coil herniation after balloon deflation and retraction, which can interfere with PIV
near the neck-plane. An example of a coil deployment sequence is shown in Fig.2.8.
There the occlusion of particles within the aneurysmal sac that results from dense
coiling is apparent. When coils protruded into the parent-vessel, a standard clinical
coil pusher tool was used to reorient the coil mass entirely within the aneurysmal sac.
This ensured that particles near the aneurysmal neck could be visualized well, which
is imperative for PIV at the neck-plane to be successful.
2.2.6 Data Acquisition
Data were acquired for steady and pulsatile parent vessel flow rates of 3, 4, and 5
ml/s after each device deployment. The corresponding Reynolds number (Re) values
for each flow rate were 411.2, 548.3, and 685.4, respectively. These flow rates span
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Figure 2.8: A balloon-assisted coil deployment in the nneck model (a-c), which leads
to a packing density of 19.74% (c) [8].
the in vivo ranges of time-averaged normal, diseased, and exercise conditions reported
in the literature [47]. Three to six planes were examined at each flow rate in order
to evaluate a representative segment of the fluid domain. Specifically, measurements
were taken at the center plane and at planes displaced orthogonally from the center
plane by 0.5 mm. A set of 200 image pairs was captured at a rate of 5 Hz for
each plane. Time separations between image pairs were chosen such that particle
displacements ranged from 5-10 pixel displacements. In the coiled aneurysm cases,
time separations were specified so as to constrain inter-image particle displacements
to between 1 and 3 pixels near the aneurysmal neck, which minimized the number of
particles there that could become occluded by coils during an image pair acquisition.
2.2.7 Data Processing
A vector field was calculated for each image pair using a cross-correlation algorithm
in DaVis software. The algorithm is based on PIV processing techniques developed
by Scarano and Riethmuller (Scarano and Reithmuller 2000) and involves image re-
construction using a reference vector field, multi-pass cross-correlation to enhance
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accuracy, and recursive cross-correlation to enhance the spatial resolution of the vec-
tor field.
Image Reconstruction
In the first pass, image frames within a pair are first divided into a grid of large
interrogation windows. Window pairs (defined as interrogation windows at similar
positions in the first and the second frame) are then cross-correlated. Next, a three-
point Gaussian curve fit is used to calculate the displacement between window pairs
with sub-pixel accuracy (based on the position of the peak in each 2D cross-correlation
map). The equation of the three-point Gaussian curve fit is given by:
Pi = i− 12
lnCi+1 − lnCi−1
lnCi+1 − 2 lnCi + lnCi−1 (2.1)
where the peak position along an axis, Pi, is calculated using the correlation
values, Ci, of the three points closest to the peak. Sub-pixel peak displacements
are then estimated for the entire grid and the resulting vector field is used to map
(pixel-wise) the raw image onto a new deformed image, as shown in Fig.2.9.
Figure 2.9: Illustration of image deformation after the first pass. Figure was repro-
duced from Raffel et. al. 2007 [73].
The new image is reconstructed using a Whittaker reconstruction function
that is given by:
24
+∞∑
i=−∞
+∞∑
j=−∞
f(i, j)sin[pi(i− x)]
pi(i− x) ∗
sin[pi(j − y)]
pi(j − y) (2.2)
where R(x, y) denotes the image intensity and f represents the intensity dis-
tribution within the interrogation window. The Whittaker reconstruction function,
shown in Fig.2.10, uses shifted sinc functions whose zeroes coincide with the correla-
tion values to reconstruct the image without loss of information.
Figure 2.10: Whittaker interpolation scheme. Sinc peaks are located at sample points.
Values between the sample points are formed from the sum of the sinc functions.
Figure was reproduced from Raffel et. al. 2007 [73]
Multi-pass Cross-Correlation
In the second pass, the reference vector field (calculated prior to image deformation)
is used to estimate the optimal interrogation window shift, as shown in Fig.2.11. In
that figure, the positions of the window pairs in the second pass are shifted by half
the calculated displacements in the first pass. Shifting the windows by half enhances
the signal to noise ratio by increasing the probability of finding the same particles in
the window pairs. An accurate vector field is then calculated by cross-correlating the
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shifted window pairs. Additional passes can be specified to enhance the accuracy of
the vector field.
Figure 2.11: Adaptive mutlipass with one interrogation window size. Figure was
reproduced from the LaVision 2007 Manual.
Recursive Cross-Correlation
Next, the interrogation window size is reduced (e.g., from 64 x 64 pixels to 32 x
32 pixels) and the vector field that was calculated in the previous pass is used to
determine the optimal window shift. Multi-pass cross-correlation is then repeated at
the reduced interrogation window size.
2.2.8 Data Post-Processing
After calculating a velocity vector field for each image pair, spurious or corrupt veloc-
ity estimates are removed by (1) specifying an allowable velocity range, (2) specifying
a minimum correlation peak-to-noise ratio, and (3) applying a median filter. For (1),
the allowable velocity range was determined from scatter plots of vector displacements
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(Vx, Vy, Vz) within the DaVis software. In (2), a minimum peak-to-noise ratio factor
was specified for each correlation window. The peak-to-noise ratio factor is given by:
Q = P1−min
P2−min (2.3)
where P1 denotes the highest correlation peak, P2 is the second highest peak,
and min is the lowest value of the correlation plane. Lastly, in (3) a median filter
was applied to each interrogation window. The median filters computes a median of
9 neighboring vectors and compares the center vector with the median. The center
vector is rejected if it exceeds 2 × the RMS of the neighboring vectors.
At each plane, the 200 individual velocity vector fields were averaged to form
a single velocity vector field and root mean square (RMS) variations among the
individual vector fields were carefully monitored to ensure reliable results.
2.2.9 Data Analysis
Flow velocity data were analyzed to quantify the cumulative cross-neck flow rate
(the total fluid volume crossing the aneurysmal neck-plane per second) which was
calculated as:
CNflow = L · δ
n∑
i=1
Vci (2.4)
where n is the number of data points within the aneurysmal neck-plane, L is the
interrogation window size, δ is the laser sheet thickness, and Vci is the cross-neck
component of neck-plane flow velocity (for the ith point within the neck-plane).
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Velocity measurements at the neck were also used to quantify the instanta-
neous neck-plane RMS velocity magnitude, which was calculated as:
VRMS−np =
√√√√ 1
n
n∑
i=1
|Vi|2, (2.5)
where n is the number of data points within the aneurysmal neck-plane and |Vi| is
the neck-plane velocity magnitude (for the ith point within the neck-plane). RMS
magnitudes for in- and through-plane (cross-neck) components of neck-plane flow ve-
locity (denoted VRMS−in and VRMS−cross) were calculated similarly by replacing the
|Vi| values in Eq (2) with the respective ith component magnitudes. RMS velocity
magnitude within the aneurysm (denoted VRMS−an) was also calculated to character-
ize flow velocities in aneurysm models treated with stents by replacing the |Vi| values
in Eq (2) with velocity magnitudes from within the aneurysmal fluid domain, rather
than from the neck-plane.
2.3 Validation of Flow Measurements in Coiled Cerebral Aneurysm Models
Coil herniation can be problematic when PIV measurements are taken near the
aneurysmal neck-plane. Coils that protrude across the neck can occlude nearby par-
ticles, which in turn reduces overall visible particle concentration and can cause par-
ticles present in the first image of a pair to disappear in the second. Through these
mechanisms, occlusion can lead to biased and/or erroneous velocity estimates at the
neck [94]. It follows that separation between the neck-plane and coils, as demon-
strated in Fig.2.5, is required for accurate velocimetry. However, the separation that
can be achieved at high packing densities is limited. Accordingly, it is important that
minimum neck-plane-to-coil separation thresholds be determined, on a case by case
basis, and actively maintained in order for neck-plane PIV to be accurate in coiled
aneurysm models.
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In the following sections, the separation threshold is calculated for PIV image
data acquired after coil embolization in the idealized nneck aneurysm model using
the angular displacement configuration shown in Fig.2.6. Neck-plane velocity mea-
surements, at different packing densities, are then validated.
Experimental Validation of Neck-Plane Velocity Measurements
To characterize the influence of coil occlusion on velocity measurements at the
neck-plane, and ultimately to determine the minimum neck-plane-to-coil separation
required for accurate velocimetry in the nneck model, an experimental validation was
performed. Differing degrees of coil occlusion were replicated by incrementally mask-
ing interrogation window pairs from 0 to 40% by area at 1% intervals. Specifically,
occlusion was replicated by setting all intensities within a strip across one consistent
side of the interrogation windows to zero. 64 x 64 pixel window pairs were chosen
at 30 random spatial locations within the imaged flow field. Each window pair was
cross-correlated over 200 image pairs. A Gaussian weighting function was used to em-
phasize displacements close to the center of the interrogation window and sub-pixel
peak displacement was estimated using a three point Gaussian curve fit. Average
displacements were then calculated from the ensembles of interrogation window dis-
placements, each ensemble corresponding to a specific spatial location and degree of
masking.
Results: Masking portions of the interrogation window pairs introduced sys-
tematic error into velocimetry. Specifically, velocity estimates were corrupted because
particle displacement calculations were disrupted [94]. The average displacement esti-
mate error (%) is plotted with respect to particle displacement (pixels) and the degree
of occlusion replicated through masking (%) in Fig.2.12. Masking interrogation win-
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dows beyond 20.3% resulted in substantial error. Below 20.3% masking, the increase
in error was gradual and error magnitude was dependent on particle displacement.
In regions with particle displacements greater than 1.0 pixels, the mean error for up
to 18.6% masking was less than 1%, with a standard deviation of 0.88%. Regions
characterized by sub-pixel displacements were associated with higher errors. The
validation results indicated that in order to hold average displacement error below
1%, a distance of 0.13 mm (corresponding to 18.6% masking) was required between
interrogation window centers and occlusive coils. That distance represents the mini-
mum neck-plane-to-coil separation required for measurements at the neck-plane (and
linear combinations thereof, e.g. cross-neck flow) to be characterized by the same
<1% average error.
Figure 2.12: Surface plot of average displacement error (%) versus interrogation win-
dow masking (%) and actual displacement (pixels).
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Analytical Validation of Neck-Plane Velocity Measurements
To verify that occlusions did not corrupt the velocity measurements taken, a
simple analytical conservation of mass validation was performed in the nneck model.
Since the aneurysms in the idealized models are closed, semi-rigid vessels, the vol-
ume of incompressible fluid flowing into the aneurysm must equal the volume of fluid
flowing out (irrespective of treatment). As a result, the cross-neck components of
neck-plane velocity measurements should always sum to zero. To quantify any con-
servation of mass violations indicated by the data, the cross-neck velocity components
were summed for both untreated and treated cases at 3, 4, and 5 ml/s flow rates.
Results: Conservation of mass errors were evaluated as the percentage of un-
treated cross-neck flow that was measured as unsigned net cross-neck flow (for both
untreated and treated cases). The average error (over all flow rates) for the untreated
cases was 1.14% ± 0.40%, while the average for the treated cases was 6.43% ± 3.26%.
The greater error in the treated cases is attributed to flow asymmetry present after
coiling that may have extended beyond the segment of the fluid domain examined
with PIV. Although the level of uncertainly characteristic of the treated cases should
be noted, the average treated error was still less than even the smallest reduction in
cross-neck flow detected after any treatment.
Simulation-Based Validation of Parent Vessel and Neck-Plane Velocity Measurements
In order to validate PIV-measured parent vessel velocity profiles, and to fur-
ther validate velocity measurements at the neck-plane, a simulation-based validation
exercise was performed. Specifically, a steady state CFD simulation was executed
wherein the aneurysmal sac in the nneck model geometry was replaced with a flat
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boundary, which can serve as a simplified model of a tightly packed coil mass. A 5
ml/s (685.4 Re) laminar flow profile was specified at the model inlet, equal outflow
ratios were specified at the outlets, and the simulation was executed with Fluent (AN-
SYS Fluent Inc, Lebanon, NH) assuming rigid walls and a no-slip boundary condition.
The simulated parent vessel centerline velocity profile was then compared to corre-
sponding profiles from Re-matched PIV experiments wherein the physical aneurysm
model was densely packed. All of the profiles were expected to demonstrate linear
declines in axial velocity magnitude approaching the bifurcation along the centerline,
so as to agree with the analytical solution for pipe flow directed at a flat wall.
Results: At high packing densities, the PIV-measured parent vessel centerline
velocity profiles (for a parent vessel flow rate of 5 ml/s) were consistent with the
CFD-simulated centerline velocity profile (for a 5 ml/s laminar parent vessel flow
in the modified model that excluded the aneurysm). More specifically, both profiles
demonstrated highly linear declines in axial velocity magnitude approaching the bi-
furcation along the center line, which agrees with the analytical solution for pipe
flow directed at a flat wall. For the PIV-measured profiles, the decline in velocity
magnitude at the highest packing density was linear with an R2 value of 0.998 as
parent vessel flow approached the neck-plane from a distance of 0.31 × D. For the
CFD-simulated profile, the decline in velocity magnitude was linear with an R2 value
of 0.992 as parent vessel flow approached the vessel wall (where the aneurysm had
been removed) from a distance of 0.38 × D, as shown in Fig.2.13. As the the R2
values indicated, the PIV-measured velocities expressed a linear trend as closely as
those from the CFD simulation wherein the aneurysmal sac was replaced with a flat
boundary.
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Figure 2.13: X-direction component of flow velocity (dimensionless) along the parent
vessel centerline versus X-direction distance (dimensionless) from the neck-plane (also
along the parent vessel centerline). Profiles are shown for the three highest packing
densities (PDs) at a parent vessel ow rate of 5 ml/s (685.4 Re).
2.4 Pressure Measurements
Measurements of intra-aneurysmal pressure and inlet and outlet pressures were ac-
quired in the anatomical (urethane) lost-core models using a fluid-filled pressure
transducer (Harvard Apparatus, Holliston, MA). To obtain intra-aneurysmal pres-
sure measurements, a 0.4 mm diameter hole was microdrilled into the models, as
shown in Fig.2.3. A 0.4 mm microcatheter was then thread into the hole, and the
microcatheter tip was placed at the outer edges of the aneurysm fundus. Pressure
drops across the model were also monitored by placing pressure taps at appropri-
ate positions in the tubing of the model inlet and outlets. The pressure transducer
was connected to an amplifier (Harvard Apparatus, Holliston, MA) and pressure
measurements were recorded using LabVIEW Signal Express (National Instruments,
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Austin, TX). It should be noted that pressure measurements were only acquired in
the anatomical urethane models due to material limitations of the idealized Sylgard
models.
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Chapter 3
SIMULATING POST-TREATMENT FLOW USING FINITE ELEMENT
MODELING AND COMPUTATIONAL FLUID DYNAMICS
3.1 Device-Specific Finite Element Models for Simulating Endovascular Treatment
3.1.1 Introduction
Although PIV provides accurate measurements of post-treatment fluid dynamics, it
also suffers from several inherent limitations. One limitation is that it provides limited
fluid dynamic information (i.e., only flow velocities are measured). Additionally,
flow data can only be measured in regions that are optically transparent. Another
limitation is that experimentation with endovascular devices and physical aneurysm
models is costly; therefore, only a small, usually statistically insignificant, number
of cases can be investigated. Computational approaches do not suffer from these
specific limitations. However, device geometry brings forth a different set of challenges
to simulation-based studies. The most difficult of which is realistically predicting
post-deployment device geometry. Previous simulation-based studies have relied on
approaches that over simplify post-deployment device geometry and ignore device
mechanics. For example, one common approach for modeling post-deployment stent
geometry is to map a 2D stent onto the parent vessel [2]. This approach neglects the
effects of stent design on post-deployment configuration and can lead to inaccurate
simulations of post-treatment hemodynamics [12].
FE analysis presents a promising means to capturing post-deployment device
geometry. In the past, FE analysis was used to aid in the design and optimization of
medical devices during manufacture. Its use, however, to simulate device dynamics
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during deployment has been very limited due to several technical challenges (e.g.,
complex geometries, non-linear deformations, and numerous contact interactions).
In this Section, novel FE approaches are proposed for overcoming the tech-
nical challenges associated with simulating endovascular device deployment. The
developed FE approaches consider the structural properties, design specifications,
and deployment mechanics of endovascular devices.
3.1.2 Dynamic Finite Element Modeling of Device Deployment
A finite element model is a numerical approximation of the mechanical behaviour of
a structure. The model is defined by the structure's geometry, material properties,
loading, and boundary conditions. Each structure in the model is divided into many
discrete regions or elements and the mechanical behaviour of each element is mathe-
matically defined as a function of its shape, number of nodes, and material properties.
The structure is analysed through the sum of its elements.
The fundamental variable calculated during FE analysis is nodal displacement.
Elemental displacement is derived through the interpolation of nodal displacement
within the element. Stresses and strains are then calculated in each element using
the elemental displacement and material properties. The principle of virtual work is
then utilized to calculate the forces exerted by the nodes in the element. Finally, the
force contribution of all the elements in the structure are summed into a global force
equilibrium with externally applied forces and loads. The force equilibrium is used
to approximate a solution of the physical problem.
In dynamic analysis the solution is advanced forward in time, and the response
of the structure at each time increment is evaluated. The dynamic force equilibrium
conditions can be used to derive the equation of motion, which is given by:
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[M ]u¨+ [C]u˙+ [K]u = Fext (3.1)
where [M ], [C], and [K] are the mass, dampening, and stiffness matrices of the struc-
ture. Fext is the vector of external load forces and u, u˙ and u¨ are the displacement,
velocity, and acceleration vectors. The equation also represents the balance of forces
acting on the system where [M ]u¨ represents inertial forces, [D]u˙ the dampening forces,
and [K]u the internal elastic forces within the structure. Each of the mass, dampen-
ing, and stiffness matrices can be a function of u, as density may change as the body
deforms, the dampening matrix can be position-dependent, and the stiffness matrix
is directly related to the strain within the structure at time t.
Equation 3.1 defines a system of linear, second order differential equations.
The equation can be discretized by rewriting it in terms of increments that span
real-time between t and t+∆t and solved using direct integration numerical schemes.
Different explicit and implicit integration schemes can be used to solve the equation of
motion. The goal of each scheme is to satisfy Eqn. 3.1 only at time intervals ∆t apart
and not throughout time t. The direct integration schemes also assume a variation
in u, u˙, and u¨ at each time interval t + ∆T . The dynamic history of the structure
is determined by advancing the solution in time, step-by-step, and evaluating the
response of the system at each step.
An explicit integration scheme was used in this Thesis because of the complex
contact interactions involved during the deployment of medical devices. The scheme
performs best in highly non-linear large-scale problems that involve multiple contact
interactions, which further supports its use in modeling device deployment.
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Explicit time integration scheme
The explicit central-difference integration scheme in Abaqus/explicit was used to
solve the equation of motion. The scheme represents a straight forward approach to
solving complex non-linear systems, wherein a solution is marched forward in time
without solving a system of coupled equations at each time increment. The solution is
calculated by first determining the accelerations within the system using the equation:
u¨(i) = M−1(F (i)ext − I(i)int) (3.2)
where u¨(i) is the acceleration at current time i,M is the mass matrix, and Fext and Iint
are the vectors of external and internal elastic forces, respectively. The computation
of Eqn 3.2 is inexpensive as M is a diagonal matrix consisting of the lumped masses
at the nodes of each element. Next, u¨(i) is used to calculate the velocity, u˙, and
displacement, u, at later time increments.
u˙(i+
1
2 ) = u˙i− 12 + ∆t
(i+1) + ∆t(i)
2 u¨
(i) (3.3)
u(i+1) = u(i) + ∆t(i+1)u˙(i+ 12 ) (3.4)
The explicit scheme is non-iterative and is therefore associated with low com-
putational cost per time increment. However, the explicit scheme is conditionally
stable, requiring a very small time-step to stabilize the solution. Therefore, a large
number of increments are required to solve a complex solution.
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Time Step
The stability limit of the explicit scheme is determined by the highest eigenvalue in
the system ωmax.
∆t ≤ ( 2
ωmax
) (3.5)
The limit can be expressed as the time it takes for information to travel be-
tween adjacent nodes using the equation:
∆t = min(L
e
cd
) (3.6)
where Le is the characteristic element length and cd is the dilational wave speed,
which is governed by the elastodynamic equations of motion:
cd =
√
λ+ 2µ
ρ
(3.7)
where λ and µ are elastic constants and ρ is the material density.
Elemental Calculations
The vector of displacements u at increment i+ 1 is then used to calculate elemental
strains  using the equation:
 =
∫ u˙node1 − u˙node2
Le
(3.8)
The stresses in the system σ are a function of strain:
39
σ(t+ ∆t)) = f(σt,∆) (3.9)
For a linear elastic material, the relationship between stress and strain is governed
by the equation:
σ = [D] (3.10)
where [D] is the elasticity matrix, which can be written in matrix form as:
The internal elastic forces Ie at t + ∆t are then assembled using the value of
σ at time t, as given by:
Ie =
∫
V e
[B]Tσt+∆tdV (3.11)
where [B] is the strain displacement matrix, which contains the second derivative of
the shape function of each element. B is calculated using the following equation:
[B] = d
2
dx2
N = [N ′′1 (x)N ′′2 (x)N ′′3 (x)N ′′4 (x)] (3.12)
Where N represents the shape function. In the case of beam elements, the shape
function is given by:
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N1 = [1− 3(x
L
2
) + 2(x
L
)3] (3.13)
N2 = [1− (x
L
)]2 (3.14)
N3 = 3(
x
L
)2 − 2(x
L
)3 (3.15)
N4 = x[(
x
L
)2 − (x
L
)] (3.16)
where x represents nodal coordinates.
Contacts
The general contact algorithm was primarily used in Abaqus. The algorithm relies on
penalty contact enforcement methods which are better suited than kinematic methods
for contacts involving rigid bodies and node-based surfaces [42]. The penalty method
also provides less stringent constraints than kinematic contact methods, which sim-
plifies the numerical model. The algorithm is based on a master/slave formulation
in which surfaces with stiffer behaviour are defined as the master surface, while de-
formable or node-based surfaces are defined as slave surfaces. The slave surfaces are
subordinate to the master surface.
Contact is detected only when the slave surface nodes penetrate the master
surface's facets, as shown in Fig.3.1. Any penetrations of the master surface into the
slave surface go undetected. Contact constraints are then applied according to the
penalty enforcement method.
To resolve penetration, the penalty enforcement method calculates the spring
"stiffness" k or resisting force required to oppose penetration, as shown in Fig.3.1.
The resisting force is calculated using the depth of the slave node's penetration, its
mass, and the time increment ∆t. In purely elastic deformation, as was the case for
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Figure 3.1: Penetration of the node-based surface into the master surface
many of the modeled problems in this Thesis, the default force calculated may not
be sufficient to resolve penetration. In these instances, a scale factor was applied to
increase the stiffness to penetration.
A finite sliding formulation was used to define the type of contact allowed.
This formulation allows arbitrary separation, sliding, and rotation of the surfaces
in contact. However, the formulation assumes that the tangential motion between
surfaces does not exceed the facet size of the master surface within one time incre-
ment. This assumption complies with the explicit scheme because of its small time
increments. The finite-sliding formulation also assumes that master surfaces have
continuous surface normals at all points. If this assumption is violated, then slave
nodes may get stuck at points where the master surface normals are discontinuous
(e.g., sharp transitions in geometry). Therefore, the master surface (e.g., aneurysm)
was smoothed prior to simulation.
Contact Tracking Algorithm
A contact tracking algorithm was used to track the minimum distance between the
master surface and each slave node during simulation. The tracking algorithm is
divided into a global and a local contact search component. The global component is
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first implemented to find the nearest master surface facet for each slave node. This
process is computationally expensive and is responsible for the majority of the com-
putational cost involved in the contact tracking algorithm. To reduce computational
cost, a bucket sorting algorithm is used within abaqus. Further, the global search
is implemented once every 100 increments. After each global search, a local contact
search is performed in subsequent increments until the next global search. The local
search only tracks master surface facets which were tracked in the previous increment.
Friction
When the master and slave surfaces are in contact, a friction model determines
whether the slave node slips or sticks. The frictional model follows Coulomb's friction
law, which states that the tangential motion is limited by the product of the frictional
coefficient µ and the normal traction tN .
|tt| < µ|tN | (3.17)
Nodes that fulfil Eqn 3.18 stick to the surface while nodes that do not slide along the
surface with a traction given by:
|tt| = µ|tN | (3.18)
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3.1.3 Modeling Embolic Coils
Brief Device Description
As shown in Fig.3.2, embolic coils are constructed from a thin metal wire, with a
0.00175 to 0.003 in diameter (D1), that is wound into a secondary helical structure
with a 0.010 to 0.020 in diameter (D2). The helical wind is then shaped into a tertiary
structural configuration having a specific coil loop diameter (D3), as illustrated in
Fig.3.2a. Coils can have many different tertiary structures or "shapes". The two
most common are helical and complex. Complex shapes are defined as spherical,
"yarn-like" structures in which each coil loop is aligned at a different angle, as shown
in Fig.3.2b.
Figure 3.2: Illustration of coil structural characteristics showing the metal wire di-
ameter D1, the helical wind diameter D2, and the diameter of the tertiary shape D3
(a). Examples of helical and complex tertiary coil shapes (b) [7].
No previous study has examined the mechanical properties or shapes of em-
bolic coils in detail. Therefore, our understanding of the mechanics of embolic coils
is very limited. One study has derived a simplified analytic relationship between
coil stiffness and D1 and D2 [102]. Unfortunately, the study does not provide an
examination of the influence of coil stiffness and shape on deployment.
44
Previous Techniques for Modeling Embolic Coils
Previous computational models of coiled aneurysms have relied on unrealistic assump-
tions to simplify complex coil geometries. For example, coils have been modeled as a
homogeneous porous media, as a single sphere inside the aneurysmal sac, as perfectly
helical tubes, and as cylinders with random trajectories inside the sac [18,63,66,80].
Among the listed computational coil models, the most common is the porous me-
dia approach, which is unvalidated (experimentally or in vivo) and assumes coils
are isotropically distributed inside the aneurysmal sac [18, 63]. However, previous
in vivo data suggest that uniform coil distribution is not a valid assumption except
at very high packing densities [67]. At low to high packing densities (e.g., 15-33%)
the non-uniform distribution of coils inside the aneurysmal sac has important flow
implications [7]. A more recent approach uses volume-based dynamic path modeling
to simulate coil deployment [66]. Although the approach is more geometry-based,
it does not account for the physical properties of coils or for realistic deployment
mechanics.
Finite Element Coil Model
Embolic coils were modeled using three dimensional (3D) beam theory. Each coil
was represented by a set of serially linked 3D Timoshenko beam elements (Abaqus
element type B31), wherein each beam is composed of two nodes with six degrees
of freedom at each node, as shown in Fig.3.3. The Timoshenko beam formulation
takes into account both rotation and shear deformation of the beam element and is
considered to be more accurate for non-slender beams [42]. However, the Timoshenko
formulation models shear deformation by assuming a constant shear over the beam
height.
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Figure 3.3: Three-dimensional beam element with six degrees of freedom at each node
(figure was reproduced from [71]) (a) and serially linked 3D beam elements (b).
The beam elements were assumed to be elastic with 92% platinum and 8%
tungsten material composition [102], which resulted in an elastic modulus of 7.5
GPa and a density of 21.3 g/cm3. A Poisson ratio of 0.39 was also prescribed after
approximating the coils as solid beams primarily composed of platinum, as shown
in Fig.3.4. This simplification followed the assumption that the coil stock wire was
tightly and perfectly wound and that individual helical winds can not be stretched.
Further, the cross-sectional plane of the beam element was assumed to remain plane
and undistorted during deployment.
Figure 3.4: A stub of tightly wound stock wire and the finite element model.
The beam elements were virtually placed in a 0.4 mm diameter rigid micro-
catheter and were discretized with a mesh resolution of 1.5×D2; finer mesh resolutions
resulted in considerable overclosure between adjacent coil loops.
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Modeling Coil Memory Shape
Two different approaches were used to model coil memory shape: an external force-
based approach and an elastic strain energy-based approach. In the force-based ap-
proach, concentrated load forces were exerted on the beam element nodes to specify
coil shape and loop size. The concentrated nodal loads were applied, at a constant
magnitude, throughout the simulation to enforce a specific configuration. The strain
energy-based approach modeled coil shape by applying initial stresses and strains on
beam elements within the microcatheter. The initial stresses and strains imparted
internal elastic forces onto the beam elements; driving the coil to its lowest strain
energy point, which was at its predefined structural configuration.
External Force-Based Approach
In the force based approach, parametric equations were applied through a
subroutine to specify coil shape and loop size; concentrated load forces were exerted
on the beam element nodes in each Cartesian direction, as shown in Fig.3.5. The
parametric equations were derived by estimating the force Fmag required to displace
a beam element by D3/2 using the equation:
Fmag = [K]u (3.19)
where [K] is the stiffness matrix of the beam element and u is the vector of displace-
ments. Fmag was then multiplied by the force distribution or shape of the coil (i.e., the
scaling and direction of the force). Two different force distributions were examined
in this Thesis: a complex or spherical distribution and a helical distribution.
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Figure 3.5: Illustration of the force-based approach where load forces are used to
prescribe coil shape [7].
Complex (Spherical) Force Distribution
The complex distribution was modeled as a 3D curve with multiple helical
loops rotated around a sphere at different angles, which is similar to the described
geometry of physical complex coils [45]. The parametric equation of the 3D curve,
Cshape was constructed by taking a point P describing a circle on a sphere and rotating
it in the x (Rx), then y (Ry), then z (Rz) axis at different rotation angles (γ, β, and
α).
P = (cos(θ), sin(θ), 0) (3.20)
f1 = Rx(P, γ) (3.21)
f2 = Ry(f1, β) (3.22)
Cshape = Rz(f2, α) (3.23)
Different rotation angles were selected for each axis and rotation angles were
varied linearly along the main axis of the wire (positions Zi).
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θ = Zi ∗ λ
γ = Zi ∗ λ/pi
β = Zi ∗ λ/pi2
α = Zi ∗ λ/pi3
(3.24)
Eqn 3.23 resulted in a parametric function that was given by:
Cshape = [Cshape−X , Cshape−Y , Cshape−Z ] (3.25)
and can be expanded into:
Cshape−X = cos(γ) ∗
(sin(β∗) ∗ (sin(γ) ∗ sin(θ)) +
cos(β) ∗ cos(θ))−
sin(α) ∗ (cos(γ) ∗ sin(θ)) (3.26)
Cshape−Y = sin(α) ∗
(sin(β) ∗ (sin(γ) ∗ sin(θ)) +
cos(β) ∗ cos(θ)) +
cos(α) ∗ (cos(γ) ∗ sin(θ)) (3.27)
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Cshape−Z = cos(β) ∗ (sin(γ) ∗ sin(θ))−
sin(β) ∗ cos(θ) (3.28)
The geometry of Cshape is presented in Fig.3.6
Figure 3.6: Prescribed complex coil distribution [7].
Loop diameter, D3, was prescribed using:
λ = 1.7601 ∗D−1.0283 (3.29)
, which presents the relationship between λ and the loop diameter D3. The relation-
ship was determined by first calculating the mean circumference of all the loops in
Cshape for a given value of λ. D3 was then calculated from the mean circumference
and plotted against λ. An exponential curve, Eqn 3.29, was used to fit the data.
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Helical Force Distribution
The helical distribution was modeled after helical coils, which when deployed
can form helical loops perpendicular to the microcatheter axis. Accordingly, a para-
metric equation, Hshape was derived to represent the geometry of a helix perpendicular
to the Z axis in Fig. 3.5. Coil loop diameter (D3) was specified by defining the number
of turns N in the helix, as given by:
N = L/(piD3) (3.30)
where N is given by the length of the wire L divided by the circumference of each
loop (assuming negligible vertical separation between loops). The equation of a helix
in the Y and Z axis can be represented by
Y = cos(2piN) (3.31)
Z = sin(2piN) (3.32)
Substituting N into Eqns 3.31 & 3.32 leads to the parametric equation of
Hshape:
HshapeY = cos(2/D3 ∗ Zi) (3.33)
HshapeZ = sin(2/D3 ∗ Zi) (3.34)
Note that Hshape is defined only for the Y and Z axis, and no force was applied in
the X axis.
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Elastic Strain Energy-Based Approach
In the strain-based approach, initial stresses and strains were applied to beam
elements in the microcatheter. The imposed stresses and strains imparted an elastic
energy on the structure that was given by:
E =
∑∫
V e
σT dV (3.35)
where σ and  are defined by Eqns 3.10 and 3.8. During coil deployment, the internal
elastic forces drive the coil to its lowest elastic strain energy point, which is at its
initial configuration.
The initial stresses and strains were defined by first constructing the geometry
of the coil, which was defined by the loop diameter and coil shape, i.e., D3Cshape
and D3Hshape. Next, local material orientations were set in the coil model definition
to align the strain components with the geometry's local orientation, as shown in
Fig.3.7. The coil was then stretched into a straight wire by applying displacement
boundary conditions on each end of the coil using a smooth amplitude function in
Abaqus. The generated stresses and strains within the structure where then used as
initial conditions during simulation.
Virtual Coil Deployment
A displacement boundary condition was prescribed at the distal node to guide the
coil into the sac, which simulated the clinical coil pusher used in vivo. The "general
contact" algorithm in Abaqus/Explicit was used to model self, coil-to-coil, coil-to-
microcatheter, and coil-to-aneurysm interactions. Coil-to-microcatheter interactions
were assumed to be frictionless to account for microcatheter lubrication. Frictional
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Figure 3.7: Specification of the beam element material orientation for a complex coil.
coefficients of 0.4 and 0.2 were prescribed for the coil-to-aneurysm and coil-to-coil
interactions, respectively. The coefficient values were estimated using in vivo coil
deployment videos since there are no friction data reported for embolic coils in lit-
erature. The sensitivity of coil mechanics to changes in frictional coefficients was
examined:
Evaluation of Frictional Coefficients
There are no reported friction data for embolic coils. Therefore, it was neces-
sary to evaluate the sensitivity of coil mechanics to changes in frictional coefficients.
To that end, coil-to-coil and coil-to-aneurysm frictional coefficients were varied by
three values: 0.1, 0.4, and 0.6. With each variation of a particular coefficient, the
other coefficient was kept constant. FE simulations were then conducted for a two
coil deployment sequence in the nneck model: a 4 mm× 8 cm coil and a 2.0 mm×
2 cm coil. Total nodal displacement was calculated after each coil deployment and
compared.
Figure 3.8 presents a surface plot of total nodal displacement versus frictional
coefficient after deployment of the first coil. As shown in the Figure, only the coil-
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to-aneurysm coefficient has a significant influence on coil displacement (p-value <
0.013). A maximum difference in total nodal displacement of 26.1 cm was found
between cases with different coil-to-aneurysm coefficients, which corresponds to an
average 1.5 mm difference in displacement per node. After the first coil deployment,
both coil-aneurysm and coil-coil coefficients had non-significant effects on the total
nodal displacement(P-values of 0.42 and 0.31, respectively).
Figure 3.8: Surface plot of total nodal displacement (mm) versus coil-coil and coil-
aneurysm frictional coefficients [7].
Validation of Simulated Coil Deployments
FE coil deployments were qualitatively and quantitatively validated against in vitro
and in vivo deployments. Three separate validations were performed:
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Validation 1: Coil Shape
Qualitative validation was first performed by comparing FE deployments against
in vitro helical and complex coil deployments in identical physical aneurysm models.
It should be noted that only the first two coil deployments were validated as in vitro
deployments relied on a coil pusher to orient coils inside the aneurysmal sac at high
packing densities.
Results showed good agreement between in silico and in vitro deployments;
helical coils formed intertwined and adjacent loops, while complex coils formed loops
that were more dispersed, as shown in Fig.3.9.
Validation 2: Coil Distribution
Quantitative validation was performed by comparing FE deployments against
data from a histological study on coil distribution in 10 elastace-induced saccular
rabbit aneurysms [67]. In that study, histological slices from the centers of coiled
aneurysms were imaged using a microscope. The images were partitioned along the
longitudinal and radial axes of the aneurysms. In-slice coil density (defined as the
total area occupied by the coil in each slice) was quantified in each partition. Aneurys-
mal partitioning and in-slice coil density are explained in greater detail in [67].
Results showed good agreement between simulated in-slice coil density and
the results of the previous histological study. Figure 3.10 shows box plots of the
normalized in-slice coil density along the longitudinal and radial axes. Paired t-tests
showed that differences in partition means were insignificant (p-value > 0.12) along
the longitudinal axis (with one exception in the nneck model), but significant (p-
value < 0.001) along the radial axis. More coils were located at the periphery of
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Figure 3.9: Deployment of a helical coil in the nneck computational (a) and physical
(b) models. A complex coil deployment is also shown in the mneck computational
(c) and physical (d) models [7].
the aneurysm than at the core, especially at low packing densities. The ratio of
peripheral to core in-slice coil density was linearly correlated with total in-slice coil
density (R2 = 0.68). A linear regression projected that the ratio reaches unity at a
total in-slice coil density of 36.5%. Overall, the results concur with conclusions drawn
in the histological study [67].
56
Figure 3.10: Boxplots of normalized in-slice coil densities calculated per partition
along the longitudinal and radial axes in the nneck (a) and mneck (b) models [7].
Validation 3: Post-Coiling Fluid Dynamics
An additional quantitative validation compared CFD simulations of flow in
the nneck model to PIV measurements from the physical version of the nneck model.
Parent vessel centerline velocities and RMS velocity magnitudes at the aneurysmal
neck-plane were compared.
The simulated neck-plane RMS velocity magnitudes agreed very well with
previously acquired PIV data, as shown in Fig.3.11. Further, parent vessel centerline
velocity profiles in the simulated cases were consistent with velocity profiles from
the PIV-measured cases in terms of linearity and mean slope, as shown in Fig.3.12.
Specifically, the decline in centerline velocity was found to be linear at a distance
of 0.31 from the neck-plane, with mean slopes of 1.74 and 1.92 at a 19% and 33%
packing densities (PD) in the simulated cases, respectively. PIV-measured slopes
were similar and were 1.57 and 1.87 for the same packing densities, respectively
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Figure 3.11: CFD-simulated and PIV-measured neck-plane RMS velocity magnitude
(m/s) vs. coil packing density (%) [7].
Figure 3.12: X-direction component of flow velocity (dimensionalized against maxi-
mum parent vessel velocity) along the model centerline versus X-direction distance
(dimensionalized against parent vessel diameter) from the neck-plane at 5ml/s parent
vessel flow [7].
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3.1.4 Modeling Stents
Brief Device Description
Two high porosity stents were examined in this Thesis: a Neuroform and Enterprise
stent. Both stents are composed of Nitinol, a Nickel-Titanium alloy, and have an
estimated porosity of 90%. However, the stents differ in design, as shown in Fig.3.13.
The Neuroform features an open cell design and consists of eight sinusoidal crown
segments. The open cell design of the Neuroform enhances its flexibility in tortuous
vessels and provides it with a high radial force, which translates to better vessel con-
formability at acute angle bends. Each Neuroform strut has an estimated thickness
of about 70 µm.
Figure 3.13: High resolution images of an Enterprise (A) and Neuroform (B) stent.
Image was reproduced from Wakloo et al [99].
The Enterprise features a closed cell design with flared ends. Advantages of
the closed cell design include smaller pore sizes, which translates to better coverage
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of the aneurysm neck. Further, closed cell designs reduce the risk of stent protrusion
into the aneurysm during deployment, which is a common unfavorable deployment
outcome for open cell designs [41]. However, stents with closed cell designs typically
have a lower radial force, among stents with the same strut thickness, and poorer
conformability to the vessel wall at acute angle bends. Each Enterprise strut has an
estimated thickness of about 90 µm. Figure 3.13 shows high resolution images of the
Enterprise and Neuroform stent.
Constructing the Stent Geometry
Both the Neuroform and Enterprise stents were constructed in Pyformex (pyformex.berlios.de)
using a custom built python code. Construction of the stent geometries involved: i)
creating a planar base model of a repeating cell geometry using triangular elements,
ii) reflecting and replicating the geometry to create a 2D version of the stent, and
iii) applying a cylindrical transformation to 'roll' the 2D geometry into a cylinder, as
shown in Fig.3.14.
In the case of the Enterprise, a Gompertz function was first used to construct
the base geometry. The function was given by
y(x) = aebecx (3.36)
where x is the position and a,b, and c are coefficient values that were deter-
mined from high resolution images of the Enterprise stent.
The resulting triangular surfaces were written as stereolithography (STL) files
and imported to Geomagic Studio to fix any intersecting or overlapping triangular
mesh elements. The STL files were then converted to CAD geometries and imported
into Abaqus.
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Figure 3.14: Construction of the Enterprise stent geometry in Pyformex. First a
base pattern was created using a Gompertz function (1-2). Next the geometry was
reflected and replicated to create a 2D version of the stent (3). The 2D geometry was
then rolled into a cylinder (4).
Finite Element Stent Model
The stent geometries were meshed in Abaqus using 4-node linear quadrilateral shell
elements with reduced integration and hour glass control (Abaqus element type S4R).
Shell elements were chosen because they are computationally less expensive that 10-
node solid 3D elements but also maintain solution accuracy. The accuracy of shell
elements was demonstrated by Hall et. al., who showed that they predict the same
stresses and strains as 10-node brick elements during stent compression and expansion
simulations but with reduced computational cost [38]. Approximately 6,000-8,000
shell elements were generated for each stent geometry. An artificial shell thickness of
70 µm with 5 integration points was applied to all the shell elements and elastic ma-
terial properties were imposed. The elastic material properties approximated Nitinol
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with a density of 6.45 g/cm, an elastic modulus of 40 GPa, and a Poisson ratio of
0.33. Note that while Nitinol behaves as a hyperelastic material it was modeled as
an elastic material to simplify simulations.
Modeling Stent Deployment
Self-expandable stents are manufactured in their expanded form. The stents are
then crimped and constrained in a delivery system which consists of a microcatheter
sheath, a microcatheter pusher, and a guidewire.The sheath imposes a diameter re-
duction to the stent until the delivery site is reached, while the guidewire establishes
the trajectory of the delivery system during its advancement to the delivery site.
The stent is deployed by restraining the pusher, which fixes the stent in place, and
gradually removing the microcatheter sheath.
Virtual stent deployment was modeled by taking into account the clinical stent
deployment process. The process was modeled through three discrete phases which
involved: (1) crimping the stent into a microcatheter, (2) advancing the microcatheter
to the site of the aneurysm, and (3) unsheathing the stent in a step-by-step process.
Crimping involved the uniform radial compression of the stent. The crimper was
modeled as a cylindrical shell with 11,000 quadrilateral elements and steel material
properties. A radial displacement boundary condition was imposed on the crimper
to compress the stent into a 0.54 mm microcatheter, as shown in Fig.3.15. The
magnitude of the displacement was applied through a smooth step function in Abaqus
to reduce chatter vibration between the stent and crimper. Chatter vibration was
further reduced by using a small critical time-step of 0.5∆tc
After crimping, the microcatheter was advanced along the vessel centerline
to the site of the aneurysm. Microcatheter advancement was performed through
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Figure 3.15: Virtual stent deployment approach.
kinematic coupling between a reference point and the circular nodes lining the mi-
crocatheter tip. The reference point acted as the guidewire used in the clinic. Dis-
placements and direction normals were imposed on the reference point. The dis-
placement values and direction normals were determined from the vessel center-
line, which was calculated using the vascular modeling toolkit (VMTK) in Slicer3
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(http://www.slicer.org). Figure 3.16 illustrates how the displacement and direction
normals were determined.
Figure 3.16: Virtual catheter navigation based on the vessel centerline.
After microcatheter advancement, the stent was divided into multiple subsets
ni and radial constraints were applied to each subset to constrain the stent radius to
the microcatheter radius as given by:
rstent−ni = rcatheter (3.37)
Step-by-step the radial constraints on each subset were relaxed and the stent subset
was allowed to expand, as shown in Fig. 3.15(3) and 3.17. This approach simulates
stent unsheathing in the clinic, wherein the stent is fixed in placed using a pusher,
while the microcatheter is slowly pulled back to unsheath the stent.
Contact between the crimper and stent were modeled using a penalty con-
tact enforcement formulation in the "general contact" algorithm in Abaqus/Explicit.
Stent-to-microcatheter, microcatheter-to-vessel, and stent-to-vessel contact interac-
tions were modeled using frictional coefficients of 0.07, 0.1, and 0.08. The frictional
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Figure 3.17: Application of radial boundary constraints to stent subsets n1-n5 and
relaxation of subset n6.
coefficients were estimated from literature [30,88,96]. Note that a sensitivity study of
the frictional coefficients was not performed because, in comparison to embolic coils,
the frictional coefficients of Nitinol stents have been more thoroughly investigated.
Validation of Stent Deployments
Standard FE analysis protocol typically involves validation of the FE stent model
against bench-top measurements of the physical device. Unfortunately, there are
currently no bench-top data that are publicly available for the investigated stents.
Only basic geometric and material data have been reported in literature. Thus,
validation of the structural characteristics of the stent models was not conducted and
is one aim of future work. Nonetheless, validation was performed through qualitative
comparison between simulated and in vitro stent deployments in different idealized
aneurysm geometries, as shown in Fig.3.18.
In that Figure, simulated deployments of the Entreprise stent are shown to strongly
agree with physical deployments, with one exception in case (a). The discrepancy
in case (a) was due to the use of a physical Enterprise stent that had a diameter
smaller than the parent-vessel diameter. Also, note that the size of the computa-
tional aneurysm in case (b) is larger than its physical counterpart. Nevertheless, the
geometries of the parent and outflow vessels are identical, which permits comparison.
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Figure 3.18: Physical and Virtual deployment of the Enterprise stent in three different
idealized basilar-tip aneurysm geometries.
Quantitative validation was also performed by comparing simulated and mea-
sured post-treatment fluid dynamics in idealized and anatomical aneurysmal geome-
tries. Those validations results are explained in detail in Chapter 5.
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3.2 Computational Fluid Dynamic Simulations of Virtually Treated Cerebral Aneurysms
3.2.1 Introduction
Cardiovascular flow has been simulated using many numerical models including lumped
parameter, one-dimensional (1D) wave propagation, and three-dimensional (3D) nu-
merical models [92]. Lumped parameter models exploit the relationship between the
cardiovascular system and electrical circuits. Accordingly, the cardiovascular sys-
tem is reduced to a system of time-varying capacitors and resistors that account for
heart pumping, vessel wall compliance, and flow resistance [92]. Lumped parameter
models are useful for modeling systemwide circulation and for acquiring a general
understanding of fluid dynamics in local vascular subsystems. However, lumped pa-
rameter models do not account for geometry or flow pattern and thus, provide limited
information when investigating localized fluid dynamics (e.g, the effects of device or
vascular geometry on cardiovascular flow).
1D wave propagation models provide some insight on flow pattern and the
effects of simple variations in vascular geometry (e.g., stenosis and bifurcation). They
can incorporate vessel wall mechanics and pulsatile flow conditions, and can be solved
with low computational cost [92]. However, 1D models rely on drastic simplifications
of 3D flow patterns and geometry and, therefore, cannot be used by themselves to
simulate highly 3D treated cardiovascular flow patterns.
The complexity of device and vascular geometry, and the complicated flow
patterns of treated cardiovascular flows, necessitate the use of 3D numerical models.
These models certainly add a high level of computational cost and complexity to
cardiovascular flow modeling, but they can provide accurate solutions and a wealth
of information that is essential for understanding treated vascular flows. Accordingly,
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3D numerical models were exclusively used for simulating post-treatment flow. Steps
used for simulation consisted of: (i) computational model construction and virtual
treatment, (ii) mesh generation, (iii) the application of boundary conditions and
material properties, (iv) numerical simulation, and (v) verification and validation.
3.2.2 Computational Model Construction and Virtual Treatment
Post-treatment flow was simulated in the computational versions of the idealized
and anatomical models described in Section 2.2.1 in order to compare simulated
and experimental results. Virtual treatment was performed using the finite element
models described in Section 3.1.
In each aneurysm model, the outflow vessels were extruded by approximately
10 times their diameter to ensure developed flow at the outlet faces. The entrance
length formula was used to confirm the length of the extrusion. The inlet was extruded
by 3 times the parent vessel diameter in the anatomical aneurysm models in order
to provide a physiologic inlet flow profile. However, the inlet was not extruded in
the idealized aneurysm models, because a parabolic inlet flow profile was prescribed
using a user defined function.
Computational models of the extruded aneurysm and post-deployment device
geometry were imported into ANSYS ICEM 12.1 software (ANSYS, Inc., Canonsburg,
PA, USA). Both geometries were kept as separate parts and the geometries were
meshed.
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3.2.3 Mesh Generation
Meshing Embolic Coils
Coil beam elements were first swept using a circular surface with a diameter of D2.
The swept coil surfaces were then shrinkwrapped with a maximum triangular mesh
element size of 20 µm to merge different coils and remove any overlapped or intersect-
ing surface elements. The small triangular mesh element size ensured that structural
details were captured after shrinkwrapping. Geomagic Studio (Raindrop Geomagic,
Durham, NC) was used to fill any small holes in the resulting surface mesh. Next,
a mesh density function was employed near the device, and at the aneurysmal sac,
to adequately resolve device geometry and high flow velocity gradients. The mesh
density function also enhanced the mesh quality near the device, resulting in fewer
sharp transitions in mesh sizes.
Multi-body parts were then defined for the blood and rigid device volume.
The patch independent Octree mesh generator was used to discretize the blood and
solid volumes into millions of tetrahedrons. The Octree mesh generator is based on a
spatial subdivision algorithm. First, large or "root" tetradhedrons are constructed to
enclose the entire geometry. Second, the tetrahedrons are subdivided by a factor of
two until all elements conform to the maximum element sizes defined on the virtual
cell boundaries. Third, a surface mesh is automatically constructed by projecting the
inner tetrahedrons onto the overlying virtual surface. Lastly, both the surface and
volume meshes are smoothed by moving vertices and edges. An example of a finalized
surface and volume mesh is presented in Fig.3.19. The Octree mesh algorithm is
robust and results in uniform mesh sizes; however, it can also lead to a very high
number of tetrahedrons.
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Figure 3.19: A surface mesh of a single coil (a) and a slice of the volume mesh of a
coiled basilar-tip aneurysm (b). Note that a mesh density function was applied at
the aneurysmal sac to resolve complex flow structures there.
Meshing High Porosity Stents
The meshing process for high porosity stents, first involved mesh preparation. A
virtual topology was built for each part to simplify complex device geometries. Joint
surfaces and edges were merged using a defined set tolerance. In certain cases, the
topology was manually edited to ensure that geometric features of the endovascular
device (e.g., edges of the stent struts) were well defined and respected during meshing.
Maximum and minimum mesh element sizes were then defined for the virtual cells.
In the case of telescoping stents, some intersecting or overlapping regions were
present because of the penalty contact formulation used during stent deployment.
Overlaps were excluded from the geometry by reconstructing the telescoped stent
geometry using a volume-based mesh filling approach. In this approach, multiple
volume filling points were defined for a single "telescoped" stent body. The filling
points were placed inside each stent within the telescoped construct. The Octree
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mesh generator was used to create a volume mesh that encompassed all the stent
bodies. After generating the mesh volume, the Octree solver projected the outermost
volume mesh layer onto the stent surface resulting in a single, merged, surface mesh
of the telescoping stents. The volume mesh was discarded, and the surface mesh was
converted into a facet geometry and non-intersecting edges were retained.
A mesh density function was then applied to the blood volume near the stent.
The final blood and stent volume mesh were generated through the same techniques
outlined for embolic coils.
3.2.4 Boundary Conditions and Material Properties
Each generated mesh was imported into ANSYS Fluent software (ANSYS, Inc.,
Canonsburg, PA, USA). The blood volume was assumed to be an incompressible,
Newtonian fluid with a density and viscosity that matched the blood analog fluid
used in the in vitro experiments. Vessel and device boundaries were assumed to be
rigid and inlet and outlet flow conditions were prescribed.
Under steady flow conditions in the idealized cases, a steady laminar flow
profile was prescribed at the inlet using Eqn. 3.38.
2Vavg(1− 1
r2
(x2 + y2)) (3.38)
where Vavg is the average flow velocity at the inlet.
Under pulsatile flow conditions, the Ford vertebral artery waveform was rep-
resented by a Fourier series given by Eqn. 3.39 and prescribed at the inlet.
Vavg(t) = a0 +
∑
ansin(ωt− φn) (3.39)
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Zero pressures were prescribed at the outlet faces. This boundary condition,
along with the assumption of fully developed flow at the outlets (due to vessel extru-
sion), implies zero traction normal to the outlet faces. This can be shown using the
stress tensor equation for an incompressible Newtonian fluid:
τij = −pδij + µ(∂ui
∂xj
+ ∂uj
∂xi
) (3.40)
where τij is the stress tensor, δij represents elements of the identity matrix, µ is the
viscosity, and p is pressure. Assuming fully developed flow and zero pressure, the
stress normal to the boundary at the outlet becomes:
τ · n = 0 (3.41)
Equation 3.41 also implies that the outlets are open and blood is allowed to
freely leave the system. Accordingly, flow distribution is assumed to be primarily
dictated by flow resistance within the modeled region and is not influenced by down-
stream resistance. This assumption simplifies the application of boundary conditions
and holds for idealized aneurysm geometries. However, in the anatomical bifurcation
cases, downstream resistance has a significant impact on flow distribution [98]. There-
fore, the downstream resistance is an important factor when simulating anatomical
bifurcation cases. Its inclusion into the CFD simulations is required for ensuring the
agreement between the CFD model and in vivo flow conditions. However, the main
goal of this Thesis was to compare treatments under identical flow regimes. Trends
among treatments, in a specific anatomical bifurcation case, were assumed to remain
the same regardless of the downstream flow resistance. Accordingly, the zero pressure
formulation was used for all the aneurysm cases in order to simplify the CFD model.
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3.2.5 Numerical Simulation
Fluid dynamics were simulated in ANSYS Fluent. The fluid was assumed to be incom-
pressible and Newtonian. Isothermal conditions were also prescribed. Accordingly,
the Navier Stokes equations (presented in general form) were simplified to:
∇u = 0 (3.42)
ρ(∂v
∂t
+ v · ∇v) = −∇P + µ∇2v (3.43)
A pressure-based, segregated solver was used to solve the Navier Stokes equa-
tions within Fluent. The solver uses the following form of the Navier Stokes equations
to solve for flow
Vcellρ
∂φ
∂t
+
Nfaces∑
f
(ρVfφf · Af ) =
Nfaces∑
f
(Γφ∇φf · Af ) (3.44)
where φ is the velocity component, Γ is the diffusive term, Vcell is the cell vol-
ume, A is the cell area, and N is the number of faces. The first term in the equation
represents the unsteady acceleration, the second term represents the convection accel-
eration, and the third term is the diffusion flux. Field variables are stored at the cell
centers. A second-order upwind interpolation scheme, based on the centroid method,
was used to interpolate field variables in the convection term to all the cell faces. The
gradients of solution variables in the diffusive term were determined using a Green-
Gauss node-based scheme. Finally, the Semi-Implicit Method for Pressure-Linked
Equations (SIMPLE) scheme was used for the pressure-velocity coupling.
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3.2.6 Verification and Validation
A mesh convergence study was performed to verify that each solution was independent
of the mesh resolution used. In each study, tetrahedral mesh element sizes were
enlarged and reduced by a certain amount along each Cartesian axis. The final mesh
size was controlled by varying the scale factor for all the maximum element seed sizes
defined in the model. This led to different volume mesh sizes as shown in Fig.3.20.
Grid independence was achieved when increasing the mesh size resulted in less than a
2% change in the investigated hemodynamic metric, as shown in Fig.3.21. Validation
was performed by comparing CFD results to PIV-measured data in physical versions
of the investigated models. Those results are provided in greater detail in Chapters
4 and 5.
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Figure 3.20: Slices of a coiled anatomical aneurysm's volume mesh at different mesh
sizes. The slices show a portion of the coiled aneurysm, the aneurysmal neck, and
the transition in mesh size from the aneurysm to the parent vessel. Embolic coils
are presented as empty circular regions within the mesh volume. Labels indicate the
percent increase in the maximum global element seed size (%) and the total number
of tetrahedrons in millions (M).
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Figure 3.21: Mean aneurysmal velocity magnitude (cm/s) for different mesh sizes (in
millions). The percent change in mean velocity magnitude, with increasing mesh size,
is labelled next to the data points.
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Chapter 4
STUDY 1: MULTIFACTOR CHARACTERIZATION OF COIL DEPLOYMENT
PARAMETERS ON CEREBRAL ANEURYSM HEMODYNAMICS
4.1 Introduction
The ultimate goal of coil embolization is to exclude the aneurysm from circulation.
When successful, coil embolization facilitates vascular remodeling at the neck of the
aneurysm, which seals off the aneurysm from the parent vessel over time. Thrombosis
in the aneurysmal sac is an important intermediate step of this process, but the
pathway to a favorable outcome begins with the immediate goal of coil embolization:
to eliminate aneurysmal inflow by occluding the aneurysm. When embolization is
incomplete, there is residual flow from the parent vessel into the aneurysm, which may
be one factor that contributes to recurrence. Accordingly, post-treatment aneurysmal
inflow is a highly relevant clinical parameter.
Aneurysmal inflow is evaluated during treatment based on visual inspection
of dynamic angiograms. This evaluation serves as the short-term measure of embolic
success or failure in the procedure room. When little or no contrast agent can be
visualized entering the aneurysm, embolization is considered to be complete. This is a
qualitative exercise, however, and embolizations that are classified as complete based
on angiographic inspection may correspond to highly variable aneurysmal inflows.
Quantitative knowledge of the relationship between embolic coil deployment
parameters and aneurysmal inflow could mitigate evaluation uncertainty and facilitate
more complete embolization. Clinical studies have correlated high packing density
with decreased aneurysmal recurrence, but have never quantified the relationship
between packing density and aneurysmal inflow [74, 100]. Conversely, many clini-
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cal studies have also reported complete embolization at low packing densities and
recurrence at high packing densities [72]. Such reports indicate that other factors,
including coil distribution, may influence treatment success. Specific effects remain
poorly understood, however, due in part to limitations of in-vivo flow measurement
techniques in the context of coiled aneurysms.
The effects of coil embolization treatment parameters on cerebral aneurysm
fluid dynamics are investigated in this study using both in vitro and in silico methods.
Two controllable clinical treatment parameters are examined: coil packing density
and coil shape. The influence of aneurysmal geometry and flow condition are also
investigated through examinations of different aneurysmal neck sizes under a range
of parent vessel flow conditions. Evaluation is performed in idealized basilar-tip
aneurysm models, which are particularly challenging to embolize.
4.1.1 Previous Studies of Coiled Aneurysm Models
Many basic research studies have used computational fluid dynamics (CFD) to in-
vestigate the effects of coil embolization on aneurysmal fluid dynamics [18,23,48,63].
Byun et al. studied the effects of coil placement within the aneurysmal sac using a
large sphere to represent coils [18]. Schirmer et al. showed a strong relationship be-
tween coil orientation and cross-neck flow by approximating coils as perfectly curved
tubes [80]. Other studies have used porous media models to investigate the effects of
coil packing density on aneurysmal fluid dynamics [23,48,63]. Overall, in silico stud-
ies have suggested that coil packing density and other deployment characteristics can
affect cerebral aneurysm fluid dynamics. However, the authors of those studies have
recognized that simulating post-embolization fluid dynamics realistically is extremely
difficult due to the complexity of post-deployment coil geometries [18,23,63].
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Previous experimental studies of coiling have also suffered due to their lim-
ited depth and/or qualitative nature [15, 20, 36, 46, 84, 86]. Post-embolization cross-
neck flow reductions were qualitatively observed in some studies using flow visual-
ization [36, 46]. Two-dimensional (2D) particle image velocimetry (PIV) was also
used as a qualitative tool by Canton et al. to visualize flow at the aneurysmal neck
after coiling [19]. Several ex vivo and in vivo studies used single-point pressure mea-
surements to characterize post-deployment changes in fluid dynamics, but made no
other measurements [15,20,84,86]. Others studies used mathematical models to indi-
rectly quantify general flow changes after treatment based on dynamic angiography
images [33, 79]. However, no prior studies have measured post-embolization flows
directly, nor have they quantified post-embolization fluid dynamics in relation to
controlloable coil deployment parameters (e.g., coil packing density and coil design).
4.1.2 Outline of Study 1
The study was broken into two parts: a Part A that examined the effects of increas-
ing packing density on fluid dynamics and a Part B that investigated the influence of
coil design. The emphasis in Part A was placed on the relationship between packing
density and flow into the aneurysm. That relationship was quantified using the ex-
perimental methods outlined in Chapter 2. Part B presents a more generalized study
that examines all the controllable treatment parameters (packing density, coil design,
and microcatheter placement). However, the emphasis in Part B is placed on the
influence of coil design, which can not be thoroughly investigated using experimen-
tal methods. Accordingly, Part B was examined using the computational methods
described in Chapter 3. In both Parts A and B, the effects of the investigated pa-
rameters are examined in different aneurysmal neck sizes and under a range of flow
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conditions. Further, investigations are carried out in idealized geometries in order to
build a foundation of understanding in simple geometries that can be examined well.
4.2 Methods
Computational and physical versions of the idealized nneck and mneck bifurcation
models were used in this study. The dimensions of the computational models are
presented in Fig.2.1. Aneurysmal dome-to-neck-width ratios (ARs) for both models
were 1.33 and 0.87, respectively. More detail on model construction can be found
in Section 2.2.1. Note that the low AR of the mneck model characterizes it as a
wide-neck aneurysm that can be treated with either coils alone or with stent-assisted
coiling.
4.2.1 Part A: Effects of Coil Packing Density on Aneurysmal Inflow (Experimental
Study Component)
The physical nneck and mneck models were connected to a flow loop and a blood
analog working fluid was circulated through the loop. Flow through the loop was
driven by a Compuflow 1000 piston pump (Shelley Medical, Toronto, ON, Canada).
Velocimetry data were then acquired with a Flowmaster 3D stereo PIV system (Lav-
ision, Ypsilanti, MI, USA). Axium bare platinum detachable coils (EV3, Plymouth,
MN, USA) were used to embolize aneurysms within the physical models. Both helical
and complex coil shapes were used. To facilitate coil deployment, microcatheters were
integrated into the flow loop both upstream and downstream of the model interface.
A balloon-assisted technique was used during coil deployment to prevent coil hernia-
tion into the parent vessel, as shown in Fig.4.1a. A clinical "coil pusher" tool was also
used after deployment, when necessary, to ensure that adequate spacing was present
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between the neck-plane region and coil mass for accurate neck-plane velocimetry mea-
surements. Coils were sequentially deployed to achieve increasing packing densities
and data were acquired after each deployment. An example of a coil packing sequence
is shown in Fig.4.1b-d. Data were acquired for steady parent vessel flow rates of 3 and
5 ml/s after each deployment. Under pulsatile flow conditions, data were acquired
at peak systole for average parent vessel flow rates of 3 and 5 ml/s. These flow rates
were chosen to span a physiologic range of normal and diseased conditions [47]. Three
planes within the fluid domain were examined for each combination of experimental
parameters. Velocity vectors were calculated through cross-correlation within DaVis
software (Lavision, Ypsilanti, MI, USA). The volumes of acquired velocity data were
then analyzed to quantify cross-neck flow CNflow and RMS velocity magnitude at
the neck-plane of the aneurysm VRMS−np.
4.2.2 Part B: Effects of Coil Shape, Packing Density, and Neck Size on Aneurysmal
Fluid Dynamics (Computational Study Component)
Four factors were investigated in Part B: coil shape, coil packing density, aneurysmal
neck size, and parent vessel flow rate.
Virtual Coil Deployment
Embolic coil deployment was simulated according to the methods described in Section
3.1.3. The coils were virtually placed in a rigid microcatheter and a rigid balloon was
used to constrain coils within the aneurysmal sac, which is similar to the balloon-
assisted technique used in vivo. The balloon was modeled as an ellipsoid in Geomagic
Studio (Raindrop Geomagic, Research Triangle Park, NC) with the same length and
diameter as the physical balloon used in the in vitro experiments. The balloon was
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Figure 4.1: Demonstration of a balloon-assisted coil deployment technique (a) and
progressive stages of a coil deployment sequence in a narrow-neck basilar tip aneurysm
model: 0% packing density (b), 19.74% packing density (c), and 28.09% packing
density (d) [6].
placed at the center of the aneurysm and the far edges of the balloon were deformed
towards the outlets using Geomagic, as shown in Fig. 3.9. The modeled balloon
ensured that simulated coil deployments were deployed in a similar manner as the
physical coil deployments in the in vitro experiments, which facilitated comparison
between computational and experimental results.
A five-coil deployment sequence was simulated consisting of one 4 mm × 8
cm coil and four 2 mm × 2 cm coils, where the two values in each case represent D3
and coil length, respectively. Five identical coil deployment sequences, with different
deployment orientations, were simulated in each idealized model. The position of
the microcatheter tip was varied in each deployment to ensure sufficient variations in
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the deployed coil configurations. Specifically, the microcatheter tip was placed at (i)
the center of the aneurysmal dome (base position) and 0.5 mm above the tip of the
balloon, (ii) 0.5 mm off-center from the base position, toward an outflow vessel, (iii)
at a 15◦ rotation from the parent vessel axis, (iv) off-center and rotated by 15◦ from
the parent vessel axis, and (v) at the aneurysmal neck and at the tip of the balloon.
Evaluation of Coil Distribution
Coil distribution was evaluated using two metrics: coil surface area (CSA) and mean
void diameter (MVD). CSA is defined as the coil surface area in contact with the
fluid (i.e., not in contact with the aneurysmal wall or other coils). The calculation
of CSA involved exclusion of both coil-to-coil and coil-to-aneurysm surface contacts,
which was inherent in the meshing approach used for embolic coils. Specifically, coil-
to-coil surface contacts were excluded after shrinkwrapping the sweeped coil surfaces
in ANSYS ICEM and coil-to-aneurysm surface contacts were excluded during volume
meshing. The final coil surface mesh was then imported into Tecplot (Tecplot Inc.,
Bellevue, WA) where CSA was calculated.
A new approach was developed for measuring MVD based on inscribing circles
within aneurysmal voids. Tecplot was first used to construct an image array describ-
ing each coiled aneurysm. Multiple slices of the aneurysm were generated in Tecplot
at 20 µm increments along the aneurysm's longitudinal axis. Images of the slices
(with 20 µm pixel square resolution) were then exported to MATLAB (Mathworks,
Natick, MA), where an image array was constructed. In MATLAB, a threshold was
applied to separate void pixels (representing pores) from non-void pixels (represent-
ing coils and the aneurysmal wall). Local void size maxima were then calculated in
each image using an artificial potential fields algorithm, which is commonly used in
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obstacle avoidance and robotic path planning [54]. The equation describing local void
size was given by:
vdvi,j = (rv′ − rvi,j)2 + (cv′ − cvi,j)2 (4.1)
where the local void distance, vd, is a vector that contains distances between
a void pixel at i, j and all non-void pixels. rv′ is a vector of all the non-void row
coordinates in the image and rvi,j is a vector of the void row coordinate at i, j. cv′
and cv were similarly defined with respect to column coordinates. The minimum local
void distance, vdmin, was then calculated at each pixel. An example of an artificial
potential field image showing the magnitudes of vdmin is presented in Fig. 4.2c. Note
that darker colors in that image represent larger vdmin values. Next, vdmin values
were used to calculate the largest circle, with a minimum diameter of D2, that can be
inscribed within void spaces. Conditional statements were used to ensure that circles
did not overlap. Finally, MVD was calculated by taking the mean of all circles in the
image array, across multiple dimensions. The new approach presented is similar to a
sieving filtration of an image.
Fluid Dynamics Simulations
Fluid dynamics were simulated after one and five coil deployments, which corre-
sponded to 19% and 33% packing densities, respectively, in both models. A steady
laminar flow profile was prescribed at the inlet of each model; 3 and 5 ml/s flow rates
were examined. A zero pressure boundary condition was imposed at the outlets.
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Figure 4.2: Example of an image slice of a coiled aneurysm (a). The process for
calculating MVD involves thresholding the image to separate the aneurysmal wall
and coils (white color) from void spaces (black color) (b), calculating the artificial
potential field image (c), and calculating the largest inscribed circle within each void
space (d) [7].
Statistical Analysis
Four experimental factors were investigated: (A) parent vessel flow rate, (B) neck size,
(C) coil shape, and (D) packing density. Five simulations, comprising different de-
ployment orientations, were performed for each combination of factors. The resulting
80 CFD simulations were evaluated using two-way analysis of variance (ANOVA) in
JMP software (SAS Institute, Cary, NC). A normal probability plot was used to test
the normality assumption, and an F-test was used to confirm equal variances among
investigated factors. Tukey's honestly significant difference (HSD) test was used to
evaluate any significant interaction effects. Analysis considered three response vari-
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ables: the percent changes (from the untreated case) in (i) mean aneurysmal velocity
magnitude (MVM), (ii) maximum aneurysmal pressure (MIP), and (iii) maximum
wall shear stress (MWSS) at the aneurysmal neck.
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4.3 Results
4.3.1 Part A: Effects of Coil Packing Density on Aneurysmal Inflow (Experimental
Study Component)
Neck-Plane Flow
Figure 4.3(a-c) shows changes in flow characteristics after coil deployment. Specif-
ically, the front-views of center-plane flow vectors at the aneurysmal neck in Fig.
4.3(a-c) demonstrate flow redirection and considerable reductions in velocity magni-
tude with increasing packing density. Similar effects can be seen in the velocity vector
overlays shown in Fig. 4.4. The parent vessel jet stream is also shown to terminate
further upstream from the neck at high packing densities in Fig. 4.3(c). Angle- and
side-views of the center-plane flow vector fields are presented in Fig. 4.3(d-i). Note
that the outlet vessels were removed from Fig.4.3(g-i) to facilitate visualization, and
that vector length scales differ from row to row in Fig. 4.3 so that flow features can be
appreciated well. In Fig. 4.3(g-i), vectors at the neck-planes of the coiled aneurysms
show increased out-of-plane1 velocity components as compared to the untreated case.
Overall, the ratio of out-of-plane to in-plane velocities at the aneurysmal neck in
acquired data ranged from 0.05 to 0.58, where the smallest ratios were observed for
untreated aneurysms and the largest ratios were observed for coiled aneurysms.
For both models and for all flow rates examined, significant reductions in
cross-neck flow (CNflow) were observed at the final packing density. Furthermore,
every increase in packing density (as additional coils were deployed) led to a decrease
in cross-neck flow. Figure 4.5 shows measured cross-neck flows for different packing
1The out-of-plane direction is defined with respect to the laser sheet, which is standard in the
context of PIV. Note that this definition differs from the out-of-plane direction with respect to to
the neck-plane.
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Figure 4.3: Front-view of flow velocity vectors within the center plane at 0% packing
density (untreated) (a), 23.9% packing density (b), and 36.9% packing density (c) for
a 4 ml/s parent vessel flow rate. Angle- and side-views of the same velocity vectors
are presented in (d-f) and (g-i), respectively. Velocity vector length and color-coding
indicate velocity magnitude (m/s).
densities in the two different models at steady and average pulsatile parent vessel
flow rates of 3 ml/s. Percentage reductions from the untreated cases are presented
above each data point in that figure. As shown in the figure, percentage reductions in
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Figure 4.4: Velocity magnitude vectors within the center plane of flow velocity data
acquired from a narrow-neck basilar tip aneurysm model at packing densities of
19.74% (a) and 32.27% (b) for a parent vessel flow rate of 3 ml/s [6].
cross-neck flow were greater for the nneck aneurysm. Results also showed percentage
reductions in CNflow were greater for lower rather than higher parent vessel flow
rates and for steady rather than pulsatile flow conditions, as shown in Fig.4.6 where
cross-neck flow changes measured in the mneck model are displayed for 3 and 5 ml/s
steady and average pulsatile parent vessel flow rates.
Neck-plane RMS velocity magnitude results followed similar trends. Consid-
erable reductions in VRMS−np were observed after coil deployment into both models
for all devices and flow rates examined. Every increase in coil packing density led to
a decrease in VRMS−np. Figure 4.7 shows measured neck-plane RMS velocity magni-
tudes for different packing densities in the two different models at steady and average
pulsatile parent vessel flow rates of 3 ml/s. In comparison to percentage reductions in
CNflow for coiling, percentage reductions in VRMS−np for coiling were less dramatic.
This effect is reflected in the RMS magnitudes of neck-plane flow velocity compo-
nents, which are shown in Fig. 4.7 for 3 ml/s steady and average pulsatile parent
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Figure 4.5: Cross-neck flow rate (ml/s) versus coil packing density (%) for steady and
average parent vessel flow rates of 3 ml/s [8].
Figure 4.6: Percentage reductions in cross-neck flow (calculated in ml/s) for steady
and pulsatile flow conditions in the mneck model [8].
vessel flow rates in the nneck model. In that figure, VRMS−cross clearly decreases more
so than VRMS−in, which increases in some cases as more densely packed coils in the
aneurysmal sac redirect flow laterally at the neck. This effect is further illustrated
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in Fig. 4.8, which shows flow vectors at the neck-plane being redirected laterally
as packing density increases in the nneck model. Note that the computational coil
mass models shown in Fig. 4.8 for visualization purposes correspond to the packing
densities at which the displayed velocity data were acquired.
Figure 4.7: RMS magnitude for in- and through-plane (cross-neck) components of
neck-plane flow velocitiy (VRMS−in and VRMS−cross, m/s) versus coil packing density
(%) for 3 ml/s steady and average pulsatile parent vessel flow rates in the nneck
model [8].
Figure 4.8: Neck-plane flow velocity vectors at different packing densities for a 3 ml/s
average pulsatile parent vessel flow rate in the nneck model [8].
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4.3.2 Part B: Effects of Coil Shape, Packing Density, and Neck Size on Aneurysmal
Fluid Dynamics (Computational Study Component)
Statistical Analysis of the Experimental Factors
Normal probability plots confirmed the normality of the calculated response variables.
However, a two-sided F-test showed unequal variances between response variables
at low and high packing densities (p-value = 0.0024). Accordingly, a multifactor
ANOVA was performed for each packing density, and non-pooled t-tests were used to
test significance between packing densities. Results from both ANOVAs are presented
in Table 4.1, and the effects of investigated factors on MVM are presented in Fig.4.9.
Table 4.1: P-values from two-way multi-factor ANOVAs at low and high packing
densities. Values are reported only for significant factors [7].
Low Packing Densities High Packing Densities
Factor MVM MIP MWSS MVM MIP MWSS
Flow Rate 0.011 < 0.001 < 0.001 < 0.001 < 0.001
Neck Size 0.032 <0.001 < 0.001 < 0.001 0.031
Coil Design <0.001 < 0.001
Flow Rate*Neck Size <0.001 <0.001 0.045 <0.001
Neck Size*Coil Design <0.001 <0.001
Flow Rate*Neck Size*Coil Design <0.001
Packing Density
Among the investigated factors, packing density had the greatest effect on MVM,
as illustrated by the streamtraces in Fig.4.10. Table 4.2 confirms the finding; larger
MVM differences were observed between packing densities than between other factor
levels. Increasing packing density also reduced standard deviations in MVM by an
average of 46.9% over the two models.
92
Figure 4.9: Reductions in MVM (%) within the aneurysmal sac at 3 ml/s (a) and
5 ml/s (b) parent vessel flow rates. Percentage values on the vertical axis represent
velocity magnitude reduction with respect to the untreated case [7].
Table 4.2: Percentage reductions in MVM for different factors [7].
Flow Rate
(ml/s)
Packing Density
(%)
Reduction in MVM
(%)
Packing Density
19% 33%
3 54.0% 72.8%
5 42.9% 70.9%
Neck Size
Narrow Wide
3
19% 57.6% 50.8%
33% 72.9% 72.7%
5
19% 51.1% 35.4%
33% 73.9% 68.4%
Coil Shape
Complex Helical
3
19% 63.3% 43.9%
33% 74.7% 71.0%
5
19% 53.7% 29.5%
33% 72.7% 69.7%
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Figure 4.10: 3D streamtraces in the nneck model at 3 ml/s parent vessel flow. From
left to right, streamtraces are shown for the untreated and then coiled cases at low
and high packing densities. Helical and complex deployments are shown for each
packing density [7].
MIP was also significantly affected by packing density (p-value < 0.001). Per-
cent increases in MIP at low packing densities were 3.0% and 15.9% at 3 and 5 ml/s
parent vessel flow, respectively. However, increasing packing density led to a small
1.6% - 3.5% additional increase in MIP. Increases in packing density had a larger
effect on MWSS though. In the wide-neck model and at 5 ml/s parent vessel flow,
for example, MWSS was reduced by an additional 16.5% after increasing packing
density.
Neck Size
The influence of neck size on MVM was dependent on both packing density and flow
rate. At low packing densities, the effects of neck size were significant at all flow
rates. At high packing densities, however, the effects of neck size were significant
only at high flow rates. The interaction between flow rate and neck size is reported
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in Table 4.2, which shows a much larger MVM difference between neck sizes at high
flow rates than at low flow rates.
Neck-size also had a considerable effect on MIP and MWSS. At both low and
high packing densities and at 5 ml/s parent vessel flow, average increases in MIP
were 2.0% and 29.3% in the nneck and wneck models, respectively. At the same flow
rate, percent reductions in MWSS were 38.2% and 88.8% for the nneck and wneck
models, respectively.
Coil Shape
The influence of coil shape on MVM was dependent on packing density and neck
size. At low packing densities, complex coils led to larger percent reductions in MVM
than helical coils, as reported in Table 4.2. At high packing densities, however, MVM
differences between coil shapes were only significant in the nneck model (p-value =
0.029).
Coil shape had an insignificant effect on MIP at all packing densities. However,
coil shape did have a significant effect on MWSS at low packing densities. Percent
reductions in MWSS at low packing densities were higher for helical coils (71.9%
versus 38.0% for complex coils).
Evaluation of Coil Distributions
Linear regression analysis showed an inverse relationship between MVD and MVM
with R2 values of 0.72 for both 3 and 5 ml/s parent vessel flow, as shown in Fig.4.11.
Coil shape and packing density had a significant effect on MVD with p-value = 0.04
and < 0.001, respectively. However, neck-size had an insignificant effect (p-value =
0.51). MVD was lower at high packing densities and after complex coil deployments.
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Figure 4.11: Reductions in MVM (%) within the aneurysmal sac versus MVD for 3
ml/s (a) and 5 ml/s (b) parent vessel flows. Results of linear regression on the data
points (black dots) are represented by the solid lines. Dashed lines are the limits of
the 95% confidence intervals [7].
Linear regression analysis also showed lesser correlation between CSA and MVM with
an R2 value of 0.51. Coil shape and packing density had a significant effect on CSA
with p-values < 0.001. Neck-size also had a significant effect on CSA with p-value =
0.022.
4.4 Discussion and Conclusions
4.4.1 Effects of Coil Packing Density on Aneurysmal inflow (Experimental Results)
Experimental results demonstrated that coil embolization greatly reduces cross-neck
flow (CNflow) and RMS velocity magnitude at the aneurysmal neck (VRMS−np). De-
spite those reductions, however, considerable cross-neck flow persists even at packing
densities considered high by clinical standards. In the pulsatile experiments with
the wide-neck model for example, as much as 74.9% of the untreated cross-neck flow
persisted even at the highest packing density tested.
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Another point of interest that emerges from the experimental study is the
nature of changes in neck-plane RMS velocity magnitude that coiling effects. For all
neck sizes and parent vessel flow rates that were examined, overall velocity magnitude
at the neck-plane decreased with coiling, primarily as a result of reductions in the
through-plane (cross-neck) component of velocity (VRMS−cross). In contrast, the in-
plane component of velocity at the neck (VRMS−in) sometimes increased. Densely
packed coils may cause this phenomena by redirecting flow at the neck laterally, away
from the aneurysmal sac, as shown in Figs 4.3 and 4.8.
Additionally, the experimental study showed that steady flow conditions may
overestimate the effects of embolic coils on cross-neck flow. As illustrated in Fig.4.6,
equivalent or less favorable percentage reductions in cross-neck flow were observed
when the coiled models were examined under pulsatile conditions. It should be noted,
however, that average pulsatile (not peak systolic) parent vessel flow rates were used
to match experimental cases for comparing results between pulsatile and steady flows,
which is a practice common to studies in related literature [4, 57].
4.4.2 Agreement between Experimental and Computational Results
Simulation results agreed well with the results of the experimental study. First, coiling
was most effective in narrow-neck aneurysms. Percentage reductions in simulated
MVM and measured CNflow were consistently larger in the nneck model, especially
at high parent vessel flow rates. This conclusion also agrees with clinical reports of
lower treatment success rates for wider-neck aneurysms [74]. One way to improve
those success rates may be to initiate treatment using a first coil with a wide helical
wind diameter so as to achieve high packing densities before problems with dense
multi-coil packing (e.g. the herniation of subsequently deployed coils) can become a
problem. Second, percentage reductions in MVM and CNflow were lesser at higher
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parent vessel flow rates, which suggests that patients with high parent vessel flow
rates (e.g. hypertensive or diseased cases) may be at greater risk after treatment.
Accordingly, measures taken to monitor blood flow conditions after treatment may
be important for post-operative care. Lastly, simulation results showed that packing
density has the largest effect on post-treatment fluid dynamics. Under all conditions
in the simulation results, increasing packing density led to larger reductions in MVM
than changing coil shape or parent vessel flow. While this specific conclusion was
not investigated in the experimental study, CNflow results showed that incremental
increases in packing densities led to considerable reductions in cross-neck flow. This
result underscores the importance of packing density during the treatment of cerebral
aneurysms.
4.4.3 Coil Distribution (Computational Results)
Simulation results also shed new light on the effects that coil distribution has on post-
treatment hemodynamics. Coil distribution had a larger influence on post-treatment
hemodynamics at low packing densities. This finding is supported by the statistical
significance of coil shape and the large variations in MVM observed at low packing
densities, which were four times greater than for high packing densities. It is note-
worthy that at high packing densities, coil shape was statistically significant only in
the nneck model. This result is attributed to the larger dome-height of the nneck
model, which allowed coils to take on more diverse post-deployment configurations.
Results from the investigation of coil distribution also showed a strong rela-
tionship between MVD (an indicator of average aneurysmal pore size) and percent
reductions in MVM. As MVD decreased, coils became more uniformly distributed
inside the aneurysm and dissipated flow jets from the parent vessel to a greater de-
gree. Results showed that the most effective measure to reduce MVD was increasing
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packing density. However, coil shape was also important; complex coils resulted in
lower MVD because their coil loops were more dispersed (as compared to helical
coils). Accordingly, coil shape may not only be important for aneurysmal filling, but
also for favorable post-treatment hemodynamics. Choosing the correct coil shape is
especially critical when high packing densities cannot be reached, which is a common
problem during the treatment of many complex aneurysms [89].
4.4.4 Pressure and Wall Shear Stress (Computational Results)
Intra-aneurysmal pressure and WSS were primarily influenced by neck size and parent
vessel flow rate. Packing density minimally influenced intra-aneurysmal pressure, but
did effect WSS at the aneurysmal neck. Specifically, increasing packing density led
to considerable reductions in MWSS at the aneurysmal neck.
4.4.5 Limitations
Several limitations of this study are noteworthy. First, idealized models were focused
on in this study in order to examine fluid dynamic responses to treatment under
well-understood geometric conditions. Second, the microcatheter was fixed during
FE deployments, and rigid walls were assumed in both FE and CFD simulations.
However, the rigid wall assumption may contribute to overestimated velocities and
affect coil deployment mechanics slightly. Third, only steady state flow conditions
were examined in the computational component of the study. Steady flow conditions
greatly simplified simulations, allowing us to conduct a large number of trials. Fur-
ther, experimental results under pulsatile and steady flow conditions showed similar
trends which suggest that steady state conditions provide good estimates of pulsatile
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post-treatment hemodynamics. Additionally, several studies have suggested that the
influence of parent vessel flow is secondary to geometry [21,60].
4.5 Concluding Remarks
This study investigated the effects of coil packing density and coil distribution on post-
treatment hemodynamics in different aneurysmal geometries and under different flow
conditions. Experimental results showed considerable reductions in aneurysmal neck-
plane flow after each incremental increase in packing density. Further, reductions in
neck-plane flow were largest for narrow-neck aneurysms and under lower parent vessel
flow rates. CFD results agreed with experimental conclusions and further elucidated
the importance of packing density, which was found to have the largest effect on
post-treatment hemodynamics. Results from post-treatment CFD simulations also
showed that coil distribution (and thus coil shape), as well as aneurysmal neck size,
still had considerable effects at both low and high packing densities.
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Chapter 5
STUDY 2: INVESTIGATING THE EFFECTS OF STENT AND FLOW
DIVERTER DEPLOYMENT PARAMETERS ON CEREBRAL ANEURYSM
FLUID DYNAMICS
5.1 Introduction
The embolic coiling of wide-neck aneurysms is challenging and often ineffective [39].
Coil stability within the sac is difficult to achieve and procedural challenges often
lead to incomplete filling of the sac and subsequent recurrence. Aneurysmal growth
also contributes to further neck enlargement and the coil mass may protrude into
the parent vessel as a result, leading to serious complications. To facilitate coiling of
wide-neck aneurysms, a highly porous, self-expandable stent can be deployed across
the aneurysmal neck to act as a supporting bridge for coils [59]. Examples of such
devices include the Neuroform and Enterprise stents.
While coil support is the main concern during stent-assisted coiling, several
studies have shown that changes in aneurysm hemodynamics are induced by stent
placement alone. Nonetheless, stents can be placed in many different configurations.
The optimal configuration is a subject of debate, as differences among stent configura-
tions have not been fully characterized. Characterizing these differences is important
for two primary reasons. First, a stent-assisted coiling procedure can be a multi-
stage process whereby the stent is deployed 6-8 weeks prior to coils [1,14]. Favorable
progress after stent deployment may eliminate the need for coiling [97]. Second, high
porosity stents have been used as stand alone treatments in certain cases when the
location and geometry of the aneurysm would not permit coil embolization [22,105].
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In most cases, however, clinicians will use a stent-within-stent or telescoping
stent technique when treating wide-neck aneurysms. The telescoping technique con-
sists of the sequential deployment of stents within another to reduce porosity at the
aneurysmal neck. The additional stent deployments increase metal coverage at the
neck and close large open pores, thereby preventing jet flow streams from entering
the aneurysmal sac.
Recently, a flexible low porosity stent, the pipeline embolization device (PED),
has been introduced to the clinic. The PED is the first FDA approved low porosity
device for treating cerebral aneurysms. It features a braided design that consists
of 48 interwoven wires, as shown in Fig.5.1. The design results in a stent porosity
of 65-70%, where the range is related to the external diameter of the PED during
compression.
Figure 5.1: High resolution images of a PED
Early clinical studies have demonstrated the safety and efficacy of the PED
in treating wide-neck aneurysms [31]. Nevertheless, clinicians have raised several
concerns over the patency of perforating side-branches after PED deployment [95].
Similar concerns have also been raised over telescoping stents.
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5.1.1 Outline of Study 2
This study examines the effects of controllable stent deployment parameters (e.g.,
stent configuration and porosity) on cerebral aneurysm hemodynamics and perforator
flow. Investigations are performed in idealized basilar aneurysm models. The study is
organized into three parts. In Part A the influence of stent configuration on cerebral
aneurysm fluid dynamics is first characterized. Part B then examines the effects
of reducing stent porosity through either telescoping methods or the use of a low
porosity stent. Lastly, the effects of porosity on perforator flow are evaluated in Part
C.
5.2 Previous Studies
On the effects of high porosity stent configurations, Appanaboyina et al. simulated
half-Y and Y deployments in three patient-specific bifurcation models and found large
differences in aneurysmal velocity magnitudes between the configurations [2]. Canton
et al. measured similar reductions in aneurysmal peak velocities and found reduced
vorticity and WSS magnitudes following a Y configuration deployment in a realistic
cerebral aneurysm model [19]. Using particle image velocimetry (PIV), Tateshima
et al. measured up to a 64% reduction in intra-aneurysmal velocity magnitudes in
three patient specific sidewall aneurysm models following a single Neuroform stent
deployment [90]. Kim et al. also noted similar reductions after simulating multiple
Neuroform stent-in-stent deployments in a patient-specific sidewall aneurysm model
[52].
Although previous studies have demonstrated that high porosity stents alone
can significantly alter aneurysmal hemodynamics, differences among different stent
configurations have not been fully characterized. Further, no study has directly com-
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pared the flow diverting capabilities of multiple high porosity stents against a single
PED, or investigated the effects of both the two flow diverter configurations on flow
through perforating side-branches.
5.3 Part A: The Influence of Stent Configuration
5.3.1 Background
The optimal stent configuration for treating aneurysms near the bifurcation termi-
nus is a subject of debate [28]. One option (for basilar tip aneurysms) is a Y stent
configuration, as shown in Fig.5.2(c). An initial stent is deployed in a retrograde
fashion from the basilar trunk into a posterior cerebral artery (PCA), and a second
stent is then deployed through the first, from the contralateral PCA into the basi-
lar trunk [22, 26]. The benefit of adding a second stent is increased metal coverage
at the aneurysmal neck, which provides better structural support for coils and may
also facilitate thrombus formation within the aneurysm. However, clinicians have
raised concerns that the intersection of the two stents is usually far away from the
aneurysmal neck, resulting in poor neck coverage and coil support [28]. In some cases
the aneurysm is tilted toward one bifurcation outlet, which restricts access to the
bifurcation branches and can prevent placement of the second stent of the Y config-
uration. In these cases, a single-stent half-Y configuration can be used, as illustrated
in Fig.5.2(b), which corresponds to the first deployment of the Y configuration. An-
other single-stent configuration option is a cross-bar stent deployment, as shown in
Fig.5.2(d), which can provide better coverage of the aneurysmal neck and improve
coil support. This technique comprises placement of a single stent across a basilar tip
aneurysm from one PCA to the contralateral PCA, in a horizontal fashion [28,51].
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This study elucidates the influence of stent configuration on cerebral aneurysm
fluid dynamics in an idealized wide-neck basilar tip aneurysm. Aneurysmal fluid
dynamics corresponding to three different stent configurations are first quantified
using particle image velocimetry (PIV) and then compared. Computational fluid
dynamics (CFD) simulations were also conducted for selected stent configurations to
facilitate validation and provide more detailed characterizations of the fluid dynamics
promoted by different stent configurations.
Figure 5.2: Illustrations of an expanded Neuroform stent (a) and deployments of the
stent in half-Y (b), Y (c), and cross-bar (d) configurations [9].
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5.3.2 Methods
Experimental Methods: Particle Image Velocimetry
The physical version of the wneck model was connected to a flow loop. Steady and
pulsatile flows were driven through the loop using a Compuflow 1000 piston pump
(Shelly Medical, Toronto, ON, Canada). A vertebral artery flow waveform was used
for pulsatile conditions [33]. Volumetric 3D flow velocity data were acquired using a
Flowmaster 3D stereo PIV system (LaVision, Ypsilanti, MI, USA).
Neuroform stents were deployed into the model using fluoroscopic guidance.
In each deployment, the stent was fully expanded within the parent and outflow
vessels. Three stent configurations were investigated: half-Y, Y, and cross-bar. Data
were acquired for steady parent vessel flow rates of 3, 4, and 5 ml/s after each
deployment. Under pulsatile flow conditions, data were acquired at peak systole for
average parent vessel flow rates of 3, 4, and 5 ml/s. Three planes within the fluid
cavity were examined at each flow rate: the center plane bisecting the parent/outlet
vessels and aneurysm and two planes displaced orthogonally from the center plane by
0.5mm. Vector fields were calculated within DaVis software (LaVision, Ypsilanti, MI,
USA). RMS velocity magnitudes within the aneurysmal sac (VRMS−an) and cross-neck
flow (CNflow) were then calculated.
106
Computational Methods: CFD
Virtual Stent Deployment:
A computational model of a Neuroform stent with a 4 mm diameter and 3
cm length was used. The stent was deployed into the half-Y and cross-bar configura-
tions. Two additional virtual deployments of the Neuroform stent, wherein the stent
was rotated by a half-cell prior to deployment in the half-Y configuration, were also
performed to evaluate the influence of stent positioning on simulated fluid dynamics.
Further, several subsets of crown segments from the half-Y configuration were virtu-
ally deployed in order to elucidate the factors underlying fluid dynamics promoted by
complete deployments. Three partial cases were simulated, a two-crown case consist-
ing of only the stent crowns at the neck and bifurcation region, a single-crown case
consisting of the single crown at the neck, and a six-crown case which included only
the stent crowns outside the bifurcation region.
Fluid Dynamics Simulation:
Tetrahedral mesh elements were generated for the vessel lumen and stent
volume using ANSYS ICEM 12.1 software (ANSYS, Inc., Canonsburg, PA, USA).
Isotropic mesh refinement was employed close to the stent struts. The total number
of mesh elements generated for the half-Y and cross-bar configurations ranged from
7.2 to 7.3 million. CFD simulations were conducted in ANSYS Fluent 12.1 software
(ANSYS Fluent, Inc., Lebanon, NH, USA). The vessel walls and stent volume were
assumed to be rigid and a no-slip boundary condition was applied at all boundaries.
The blood volume was modeled as an incompressible fluid that matched the viscosity
and density of the blood analog solution used for experiments. Zero pressure bound-
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ary conditions were specified at the outlets. Steady laminar flow profiles with 3, 4,
and 5 ml/s flow rates were specified as inlet boundary conditions.
5.3.3 Results
Experimental Results
Experimental results showed large differences in flow structures among the stent con-
figurations for both steady and pulsatile conditions, as shown in Fig.5.3. For the
half-Y configuration shown in Fig.5.3(a) and (d), velocity vectors close to the stent
struts formed an asymmetric, high velocity inflow jet directed toward the aneurysmal
dome. The addition of a second stent (in a Y-configuration) reduced velocity inten-
sities within the sac and redirected inflow at the base of the aneurysm away from
the center of the aneurysmal neck, as shown in Fig.5.3(b) and (e). In the cross-bar
configuration, shown in Fig.5.3(c) and (f), velocity magnitudes within the sac were
reduced significantly from the untreated case.
Figure 5.4 shows VRMS−an under steady and pulsatile conditions for differ-
ent parent vessel flow rates. Under steady flow conditions, percentage reductions
in VRMS−an from the untreated case were consistently greater at lower parent vessel
flow rates. However, the same trend was not observed for all the stent configurations
under pulsatile conditions. The largest percentage reductions in VRMS−an were ob-
served for the cross-bar configuration. The half-Y configuration, on the other hand,
produced the lowest percentage reductions in velocity magnitudes within the aneurys-
mal sac. At high flow rates, that configuration led to increases in velocity magnitude
as compared to the untreated case.
CNflow for the different stent configurations is shown in Fig.5.5. Like VRMS−an,
CNflow flow reductions were largest at lower parent vessel flow rates and under steady
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Figure 5.3: In vitro results showing velocity vectors within the center plane of flow
velocity data for the half-Y (a), Y (b), and cross-bar (c) configurations at a steady
3 ml/s parent vessel flow rate. Velocity vectors corresponding to peak systole in a 3
ml/s average parent vessel flow rate are shown for (d,e, and f), respectively [9].
flow conditions. However, in contrast to the VRMS−an trend, percentage reductions in
CNflow flow from the untreated case were largest for the Y-configuration, while the
lowest percentage reductions were associated with the cross-bar configuration.
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Figure 5.4: In vitro VRMS−an under steady (a) and pulsatile (b) flow conditions for
different stent configurations. Percentage values represent velocity reductions that
are calculated with respect to the untreated case [9].
Figure 5.5: In vitro CNflow (ml/s) under steady (a) and pulsatile (b) flow conditions
for different stent configurations. Percentage values represent velocity reductions that
are calculated with respect to the untreated case [9].
Computational Results
Simulated VRMS−an values were in strong agreement with experimental values as
shown in Fig.5.6. In the simulated half-Y configuration, RMS velocity magnitude
within the half of the aneurysmal sac closest to the stented outflow branch was 9.6
cm/s, while RMS velocity magnitude within the other half was 11.8 cm/s. These
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values agreed well with the corresponding experimental results, which were 8.8 cm/s
and 11.7 cm/s, respectively.
Figure 5.6: Simulated VRMS−an under steady flow conditions. Percentage values
represent velocity reductions that are calculated with respect to the untreated case [9].
Figure 4.10 shows 3D streamtraces originating from the center of the parent
vessel. In the half-Y configuration, streamtraces within the sac show an asymmetric
complex flow structure with several vortices. The parent vessel jet stream terminates
within the aneurysmal sac in this configuration. In the cross-bar configuration; how-
ever, the parent vessel jet stream terminates further upstream from the sac. Changes
among the simulated configurations can be further appreciated in Fig.5.8, which shows
contours of the cross-neck velocity component. In that figure, the flow profile at the
neck-plane clearly correlates well with the projection of the stent struts within the
bifurcation region onto the neck plane.
Results from the additional half-Y simulations (corresponding to rotated de-
ployments) showed that stent positioning affected flow distributions within the aneurysm
and bifurcation region. Nevertheless, stent positioning had little impact on global flow
characteristics within the aneurysm. For example, RMS velocity magnitudes within
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Figure 5.7: Simulation results showing 3D streamtraces for the untreated case (a),
cross-bar configuration (b), and the half-Y configuration (c) at a steady 3ml/s parent
vessel flow rate. Partial stent simulations for the half-Y configuration are also shown
with two (d), one (e), and six (f) Neuroform crowns [9].
Figure 5.8: Contours of the simulated velocity component (cm/s) perpendicular to
the neck-plane of the aneurysm for the untreated case (a), cross-bar (b), and the
half-Y (c) configurations at a steady 3 ml/s parent vessel flow rate. Partial stent
simulations for the half-Y configuration are also shown with two (d), one (e), and six
(f) Neuroform crowns. Projections of stent struts at the neck-plane are shown in the
top right hand corner of each subplot [9].
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the aneurysmal sac for the additional simulations differed by 3.1% and 6.1% from the
initial half-Y simulation.
Simulations of the two-crown partial half-Y configuration produced results
that differed minimally (in terms of flow structure and velocity magnitude) from
simulations of the full half-Y configuration, as shown in Fig.5.7(c-d) and Fig.5.8(c-d).
However, significant differences in flow structures were observed between the half-Y
configuration and the one-crown partial case, as shown in Fig.5.7(c-e) and Fig.5.8(c-
e).
The flow split at the outflow vessels for both the half-Y configuration and two-
crown case was 0.49/0.51, with flow favoring the stented outflow branch. This result
indicates that the half-Y configuration diverted flow to some extent. It is noteworthy
that a simulation of the half-Y configuration in a model without the aneurysm showed
a nearly identical flow split.
5.3.4 Discussion
The use of flexible stents for flow diversion has received a great deal of attention in
recent literature. Preliminary studies of low porosity stents have demonstrated their
effectiveness as standalone devices capable of diverting flow away from the aneurysm
and promoting rapid endothelilization across the aneurysmal neck [49,81]. Neverthe-
less, the effectiveness of low porosity stents in the clinic is relatively unknown because
of their limited use thus far. High porosity stents, on the other hand, are widely used
in the clinic. However, their effects on aneurysmal hemodynamics are still poorly
understood.
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Differences in Aneurysmal Fluid Dynamics among Stent Configurations
Previous studies have reported significant changes in aneurysmal fluid dynamics af-
ter treatment with high porosity stents in anatomical models [2,90]. This study also
reports significant changes, one example of which is that stents, in some cases, re-
duced aneurysmal inflow by margins comparable to those reported for embolic coils
in Section 5.3. In addition, the study demonstrates that stent configuration has a
significant influence on aneurysmal fluid dynamics. While the Y configuration demon-
strated flow redirection away from the center of the aneurysmal neck (resulting in the
greatest cross-neck flow reductions), the cross-bar configuration caused greater flow
disruption at the aneurysmal neck (resulting in the greatest intra-aneurysmal veloc-
ity magnitude reductions). High velocity magnitudes within the sac were observed
for the half-Y configuration. In that case, the deployment of a single stent led to
a high velocity jet into the aneurysmal sac. A similar increase in aneurysmal flow
velocity from the untreated case was observed by Kim et al. following a single stent
deployment in a sidewall aneurysm [52]. Although this increase in intra-aneurysmal
velocity magnitudes within the sac may not be sufficient to cause aneurysmal rup-
ture, high impinging flow and the corresponding increased wall shear stress (WSS)
may increase the risks of aneurysmal rupture and rebleeding during treatment, as
well as post-deployment coil compaction.
Flow Disturbances caused by Stent Struts
The flow differences observed among different stent configurations are best explained
by examining the flow disturbances caused by stent struts in the parent-vessel. These
effects can be grouped into two categories: 1) near-wall flow disturbances and 2) flow
disturbances further away from the wall within the parent vessel.
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Near-Wall Flow Disturbances:
Stent struts aligned with the vessel lumen produce flow disturbances adjacent
to the vessel wall [13, 65]. These disturbances consist of flow separation regions near
the struts that are brought about by the nonstreamlined strut geometry. Figure 5.9
shows simulated local flow disturbance regions that include flow separation around
the strut and a recirculation zone downstream of the strut. Flow separations within
those regions have been classified in aerodynamics as forward and backward-facing
step flow [3].
Figure 5.9: 3D streamtraces depicting simulated flow around a Neuroform strut from
a half-Y configuration simulation [9].
Near-wall flow disturbances have a minimal effect on the mainstream flow in
the parent vessel because they are confined near vessel walls. Similar conclusions have
been made in previous studies [12]. Accordingly, stent struts at the vessel wall have
minimal effect on the overall flow characteristics within the bifurcation. This is clear
in results from the partial six-crown simulation (where all crowns were located at the
vessel walls), which showed an almost identical flow structure as compared to the
untreated case. Nevertheless, near-wall flow disturbances do have an effect on WSS
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along the vessel. The disturbances induce spatial WSS variations that are believed
to play an important role in stent restenosis [101].
Flow Disturbances Away From the Wall:
In comparison to struts at the vessel wall, struts protruding from the vessel
lumen, against the flow direction, produce large-scale flow disturbances that affect
flow characteristics within the vessel. To illustrate this point, consider the placement
of a Neuroform strut perpendicular to the flow direction in a 4 mm diameter cylin-
der as shown in Fig.5.10. The strut changes the flow profile both a short distance
upstream of the strut and a much larger distance downstream of the strut (greater
than the vessel diameter). Flow acceleration around the strut edges also leads to two
short flow jets downstream of the strut. These flow disturbance are similar to the
well known bluff body flows for rectangular cylinders [29].
Figure 5.10: Simulated velocity magnitude (cm/s) contour plot of flow past a pro-
truding Neuroform strut. The position of the strut within the cylinder is shown in
the lower left corner of the figure [9].
The extent of flow disturbances caused by protruding struts is further illus-
trated by the results of the partial half-Y simulations. While the partial two-crown
case showed a flow structure almost identical to the full half-Y configuration, the
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partial single crown case was dissimilar because it lacked the protruding strut near
the inlet of the bifurcation.
Flow Diversion Promoted by High Porosity Stents
It is also noteworthy that differences between outflow branch profiles were observed
for the half-Y configuration. The outflow branch flow rates differed by 2% with greater
flow favoring the stented branch. This result demonstrates that even high-porosity
stents promote some degree of flow diversion, which is a topic of great interest in
recent literature [22, 35]. Fluid flow also favored the half of the aneurysm closest to
the non-stented branch. This flow bias can be attributed to the asymmetry of struts
within the bifurcation region. In contrast, the symmetry of struts in the cross-bar
configuration (and the increased number of struts at the neck-plane) led to an overall
decrease in velocity magnitude within the aneurysm. Flow was equally split between
both outflow branches in the cross-bar configuration.
5.3.5 Limitations
There are several limitations to this study. First, no simulation of the Y configuration
was conducted. This configuration presented a challenge to the virtual deployment
techniques used in this study. Second, the study focused only on optimal stent deploy-
ments. Deployment anomalies (such as stent prolapse and malapposition) may cause
considerable flow disturbances which were not investigated. Third, the study focused
only on velocity measurements in an idealized model. Future work will evaluate other
important hemodynamic parameters (e.g. pressure and WSS), will consider longer-
term biological processes, and will study patient-specific aneurysm models. Fourth,
the compliance of the physical model was unregulated, but rigid boundary condi-
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tions were assumed for CFD. The rigid boundary assumption simplifies CFD, but
can lead to slight over estimation of flow velocities within the aneurysm [32]. Lastly,
aneurysmal flow characteristics under pulsatile conditions were investigated only for
a single type of parent vessel waveform. However, fundamentally different versions
of that waveform were considered in that a range of parent vessel flow rates was
explored. Further, several studies have suggested that the influence of parent vessel
flow conditions on aneurysmal hemodynamics is secondary to geometry [21,60].
5.3.6 Conclusion
The study investigated the fluid dynamic effects of different high porosity stent con-
figurations in a wide-neck basilar tip aneurysm model. Experiments showed that
stent configuration has a large influence on fluid dynamics. A Y configuration lead
to the greatest reduction in cross-neck flow most the cross-bar configuration reduced
velocity magnitude within the aneurysm most. Both configurations had more stent
struts covering the aneurysmal neck than the half-Y configuration. Experimental re-
sults agreed well with CFD, which indicated that differences in performance among
stent configurations were attributed primarily to protruding stent struts within the
parent vessel bifurcation region.
5.4 Part B: The Effects of Stent Porosity
5.4.1 Background
The influence of stent porosity on aneurysm hemodynamics has been well docu-
mented. Low porosity stents have been shown to promote greater reductions in
aneurysmal inflow as compared to high porosity stents. However, the use of low
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porosity stents to treat cerebral aneurysms has been complicated by many factors,
one of which was that stent stiffness impeded device deployment in tortuous cerebral
vessels. Recently, flexible low porosity intracranial stents, such as the pipeline em-
bolization device (PED), have been introduced to the clinic. Clinical studies have
demonstrated the preliminary efficacy of the PED in the clinic [31]. Nevertheless,
several technical challenges have been encountered with PED use. One challenge is
the device's foreshortening, which can be up to 50% of its length and may complicate
stent placement. High porosity stents, on the other hand, have an estimated fore-
shortening of only 1.5-7.1%, which simplifies stent placement [95]. Another challenge
is the deployment of the PED in arteries that have been previously treated with a high
porosity stent. For example, if an aneurysm was initially treated with a high-porosity
stent to support coiling but that procedure cannot be completed, then deployment
of the PED within the stent may not be possible as it can appose poorly and lead
to endoleaks. Further, the deployment of the PED may prevent the addition of coils
to the aneurysmal sac in the future. Accordingly, a telescoping high-porosity stent
configuration may constitute the only available treatment option for that case.
Telescoping high porosity stent configurations are commonly used and have
some benefits over low porosity stents. However, their effectiveness, as compared to
low porosity devices, is poorly understood. In this study, the effects of telescoping
stents on aneurysmal fluid dynamics are examined. Investigations are performed
to understand the effects of each sequential stent placement on aneurysmal fluid
dynamics using both experimental and computational methods. Comparisons are
made against the PED, which is used in this study as the standard for flow diversion
treatment.
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5.4.2 Methods
Experimental Methods
Enterprise stents and the PED were separately deployed into the idealized basilar-tip
mneck model. Deployments were performed in a half-Y configuration. Four different
stent configurations were examined (i) a single high porosity enterprise deployment
with a 90% porosity, (ii) two and (iii) three telescoped enterprise deployments, and
(iv) a single PED deployment with 65-70% porosity. The geometry of a single en-
terprise stent and PED are shown in Fig.5.11. The overall porosity of the three
telescoped enterprise stents was estimated to range from 73% to 82% based on the
approximate range of possible stent strut overlap.
Figure 5.11: Image of a single expanded Enterprise stent (a) and the pipeline em-
bolization device (PED) (b) [8].
The models were placed in a flow loop and a blood analog fluid was circulated
through the loop at steady and average pulsatile flow rates of 3, 4, and 5 ml/s. Ve-
locimetry data were acquired using a Flowmaster 3D stereo PIV system. Under pul-
satile flow conditions, flow velocity data were measured at peak systole, mid-diastole,
and diastole. Three planes were acquired within the fluid domain. VRMS−an was then
calculated within the aneurysm and compared among different configurations.
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Computational Methods
Stent deployment was simulated using the methods described in Section 3.1.4. Com-
putational enterprise stents, each with a diameter of 4.2 mm and a length of 2.1
cm, were first crimped into a 0.54 mm microcatheter. The microcatheter was virtu-
ally advanced through the vessel centerline, toward an outflow vessel. Advancement
was performed using kinematic coupling between the microcatheter tip and a control
point. Stent deployment was simulated by relaxing radial constraints imposed by the
microcatheter in a step-by-step process. More detail on the virtual stent deployment
prcoess can be found in Section 3.1.4.
Three stents were deployed in a telescoping fashion. Stent-to-stent, stent-to-
microcatheter, and microcatheter-to-vessel interactions were modeled. Fluid dynam-
ics were simulated in ANSYS Fluent software after each stent deployment. 3 and 5
ml/s parent vessel flow rates were examined. VRMS−an within the aneurysmal sac
was calculated and compared to experimental data.
5.4.3 Results
Experimental Results
Figure 5.12 presents VRMS−an within the aneurysmal sac at pulsatile parent vessel
flow rates. At low flow rates, intraaneurysmal flow activity declined considerably
after each sequential stent deployment, with one exception at 5 ml/s. For all the
examined flow rates, the largest incremental reduction in VRMS−an occurred after
the third stent deployment. Minimal difference in VRMS−an was observed, however,
between 1 and 2 sequential stent deployments at high flow rates (4 and 5 ml/s).
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Figure 5.12: RMS velocity magnitude (m/s) within the aneurysmal sac for each flow
rate at pulsatile flow conditions [8, 77].
The PED produced the largest reductions in VRMS−an, which were over 50%
from the untreated case. At flow rates of 3 and 4 ml/s, however, percentage reduc-
tions after PED and three stent deployments were quite similar. The similarity in
performance between the two treatments can be observed in Fig.5.13, which shows
different flow patterns but similar flow velocity magnitudes. Note that the conven-
tional colormap was reversed in that Figure to more clearly present the flow velocity
vectors.
Similar trends were observed among deployments under steady and pulsatile
flow conditions. However, results under pulsatile conditions lacked a consistent trend
between percentage reductions in VRMS−an and flow rate. This may be a result
of the changes in overall flow patterns that were observed at different flow rates.
Specifically, flow patterns at 4 and 5 ml/s were more complex than at 3 ml/s (i.e.,
multiple aneurysmal vortices and cross-neck flow jets were observed at higher flow
rates). A consistent trend between percentage reductions and flow rate, however, was
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Figure 5.13: Flow velocity vectors in the mneck models at an average pulsatile parent
vessel flow rate of 3 ml/s for the three telescoping stent configuration (a) and the
PED (b) [8]
observed under steady flow conditions, as shown in Fig. 5.14. Percentage reductions
in VRMS under steady flow conditions were greater at lower parent vessels for all the
investigated treatments.
Comparison between experimental and computational results
Simulated and experimental VRMS−an results showed good agreement under steady
flow conditions, as shown in Fig 5.14. Each sequential stent deployment led to an
incremental reduction in VRMS−an. Further, both simulated and experimental results
showed larger reductions at lower parent vessel flow rates, with one exception.
Considerable differences, however, were observed between experimental and
simulated flow patterns. Figure 5.15 presents flow patterns in the center plane of
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Figure 5.14: Experimental [77] (a) and simulated (b) RMS velocity magnitude (m/s)
within the aneurysmal sac for each flow rate at steady flow conditions
experimental and simulated data at 3 ml/s parent vessel flow. The Figure shows
significant differences in aneurysmal and parent vessel flow patterns after one and
three stent deployments. Specifically, flow jets entering the aneurysm show different
orientations. Further, different flow structures are observed within the aneurysm.
Flow velocity magnitudes are also higher in the center-plane of data in the simulated
cases.
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Figure 5.15: Flow velocity vectors at the center-plane of data after a single stent
deployment in the mneck physical (a) and computational (b) models, and after three
telescoping stent deployments (c) and (d), respectively. Results are presented for a
steady parent vessel flow rate of 3 ml/s.
5.4.4 Discussion
The use of telescoping stents to reduce stent porosity and increase flow diversion is
common in the clinic [24]. However, the effectiveness of telescoping stents as flow
diverters is still poorly understood. An important clinical question that has not
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been addressed is the number of telescoping stents required to reduce aneurysmal
inflow to an acceptable level. The answer to that specific question may be patient-
specific. However, the results of this study shed light on the fluid dynamics affected
by telescoping stents. Results indicated that each sequential stent deployment can
lead to incremental reductions in aneurysmal velocities. Reductions, however, were
found to be non-linear. This result was expected as the incremental increase in stent
porosity was not regulated (i.e., placement of the telescoping stent cells relative to
one-another was not controlled). Nonetheless, the trend indicated that for effective
flow diversion, more than two telescoping stents may be required.
Simulations validated the experimental results, as similar trends were observed
among stent configurations and flow rates. Flow patterns; however, were quite differ-
ent. The discrepancy in flow patterns was attributed to differences among physical
and simulated stent placements and can be explained using insight gained from Sec-
tion 5.3. In that Section, changes in aneurysmal flow patterns after treatment were
primarily attributed to protruding struts within the parent vessel bifurcation region.
That conclusion also implies that flow changes within the aneurysm are affected by
the orientations of protruding struts and their density within the bifurcation region.
The physical and computational stent deployments had a density of struts within
the bifurcation region; however, the protruding struts were oriented differently. The
different orientations may have led to the discrepancy observed in flow patterns.
Nonetheless, the global flow changes (i.e., trends in VRMS−an) among treatments
were similar in both the simulated and experimental results. This similarity validates
both the virtual stent deployment techniques used in this study and the experimental
results.
The most significant result of this study is that telescoping high porosity stent
configurations produced similar reductions in aneurysmal velocities as a single low
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porosity PED. Specifically, results showed similar reductions in aneurysmal flow ve-
locities between the three stent configuration and the PED, especially at low parent
vessel flow. This result is clinically meaningful, because in many cases telescoping
high porosity stents may constitute the only option available for treatment.
5.4.5 Limitations
Several limitations of this study are noteworthy. First, only steady flow conditions
were simulated. The steady flow model simplified fluid dynamic simulations and
facilitated the assumption of rigid stents. Further, the steady flow model was mean-
ingful as similar trends were observed between pulsatile and steady flow results in
the experimental component of the study. Second, the study only focused on velocity
magnitudes within the aneurysm. Other fluid dynamic metrics, such as intraaneurys-
mal pressure were investigated; however, minimal differences were observed among
stent treatments. Lastly, no simulation of the PED was conducted.
5.4.6 Conclusion
The study investigated the effects of telescoping stent configurations in an idealized
mid-neck basilar tip aneurysm model. Results indicated that sequential deployment
of high porosity stents can lead to incremental reductions in aneurysmal velocities.
Three telescoping multiple high porosity stents led to reductions in aneurysmal flow
velocities that were comparable to the PED. Simulations validated experimental re-
sults, as similar trends were observed among experimental and simulated treatments.
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5.5 Part C: Flow Alteration in Perforating Side-Branches after Stent Deployment
5.5.1 Background
The deployment of high porosity stents can considerably reduce aneurysmal inflow,
thereby facilitating the occlusion of the aneurysm from circulation. Greater reduc-
tions in aneurysmal inflow can be brought about by reducing stent porosity, either
through deployment of an additional high porosity stent in a telescoping fashion or
through deployment of a low porosity device. Unfortunately, reducing stent porosity
also increases the risk of blocking a perforating vessel, which consequently increases
the risk of infarction and ischemia [95].
Current understanding of the influence of stent porosity on perforator flow is
very limited. Previous studies have investigated the influence of porosity only in the
context of aneurysmal fluid dynamics. In this study, the effects of stent porosity on
perforator flow are examined. Particle image velocimetry is used to quantify changes
in perforator flow at at sequential deployments of high porosity stents and the PED.
5.5.2 Methods
Experimental Methods
The physical model of the idealized sidewall aneurysm with an upstream perforator
was connected to a flow loop. Model dimensions are presented in Fig.2.2. A single
PED and multiple Neuroform high porosity stents were deployed across the aneurysm
and perforator orifice. High porosity stents were deployed in a telescoping fashion.
Flow velocity data were acquired before and after each device deployment using a
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Flowmaster 3D stereo PIV system. RMS velocity magnitudes were then calculated
within the perforator (VRMS−pf ).
5.5.3 Results and Discussion
The reduction in stent porosity led to considerable reductions in perforator flow. As
shown in Fig.5.16, a 10-20% incremental reduction in VRMS−pf was observed after
each sequential stent deployment. The largest incremental reduction was observed
after the third stent deployment, with one exception. Reductions in VRMS−pf after
three stent deployments were 20-30% higher than a single stent deployment. Such
a difference indicates that telescoping stents may considerably increase the risk of
perforator blockage.
Figure 5.16: Percentage reductions (%) in VRMS−pf within the perforator at pulsatile
flow [78].
While the PED was been shown to be more effective in reducing aneurysmal
velocities in the idealized geometries, it also led to the largest reduction in perforator
flow, which was near or at 50%. This result implies that effective aneurysmal flow
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reductions after PED treatment may also lead to unfavorable complications relating
to the perforator vessel.
5.5.4 Conclusion
Deployment of telescoping stents and the PED can have considerable effects on flow
through nearby perforating vessels. Sequential deployment of high porosity stents
to reduce porosity can lead to significant reductions in perforator flow, which may
increase the risk of stroke. Deployment of the PED led to the largest reductions in
perforator flow, which raises concerns of the patency of perforating vessel after PED
deployment.
5.6 Concluding Remarks
This study investigated the fluid dynamic effects of high and low porosity stent de-
ployments in idealized models of cerebral aneurysms. In the first component of the
study, deployment of high porosity stents alone was found to lead to considerable
reductions in aneurysmal velocities. Stent configuration was also found to have a
significant impact on aneurysmal velocities. The Y and a cross-bar configurations
led to the greatest reductions in aneurysmal velocities. CFD results indicated that
differences in performance among stent configurations were primarily attributed to
protruding stent struts within the parent vessel bifurcation region.
In the second component of the study, Sequential deployment of telescoping
stents led to incremental reductions in aneurysmal velocities. Reductions after three
telescoping high porosity stent deployments were comparable to reductions after PED
deployment. In the third component of the study, the effects of porosity on perforator
flow were quantified. Results showed that effective aneurysmal treatment after PED
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and telescoping stent treatment may lead to unfavorable complications relating to the
perforator vessel. Reductions in perforator flow after PED deployment were greater
than 50%, which raises concern over the patency of perforating side-branches.
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Chapter 6
INTERVENTIONAL PLANNING THROUGH SIMULATION
6.1 Introduction
Over the past two decades, computer simulation has become an increasingly impor-
tant tool in scientific research and engineering design. In the aerospace industry for
example, simulation has become the standard tool for predicting performance of a
newly designed part, well before the part is physically built. In clinical medicine, com-
puter simulation is emerging as a viable option for surgical training. For example,
endovascular simulators now allow a user to navigate a catheter through challeng-
ing patient-specific anatomies and to deploy different endovascular devices including
coils, stents, and flow diverters [5]. These new simulators represent an important
breakthrough in advancing surgical training toward life-like realism. However, they
also suffer from several shortcomings, which diminish their usefulness as effective
tools for interventional planning. For example, commercial simulators rely on soft
body dynamics (which are used in video games) to provide visually plausible emula-
tions of device deployments as opposed to accurate engineering solutions [5]. Further,
commercial simulators apply one-dimensional wave propagation models to simulate
highly complex, three-dimensional flow.
In order to address interventional planning well, endovascular simulations must
transition into accurate predictive tools that can be used during preoperative planning
to test different treatment alternatives and determine the best option for a particular
patient. This transition will require improved computational approaches that can
accurately address the complex endovascular device geometries, deployments, and the
resulting haemodynamic outcomes. The proposed approaches in this Thesis aim to
facilitate such a transition through 1) accurate geometric modeling of endovascular
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devices, 2) prediction of device mechanics during deployment using device-specific
finite element modeling, and 3) simulations of the resulting hemodynamic outcomes
using computational fluid dynamics.
The approaches are demonstrated in two types of patient aneurysm cases: a
narrow-neck aneurysm case that would be considered for treatment with coils alone
and a wide-neck aneurysm case that would commonly be treated with a flow diverter
or with stent-assited coiling (SAC). The feasibility of simulation in answering im-
portant clinical questions that arise during treatment is demonstrated in each case.
For example, in the first case, the feasibility of simulation in mitigating uncertainty
over the number of coils required to significantly reduce aneurysmal inflow is exam-
ined. In the second case, the capability of simulation in identifying the most effective
treatment for a challenging aneurysmal geometry is demonstrated.
6.2 Methods
6.2.1 Model Selection
Patient-specific aneurysm cases were selected from a database of computational aneurysm
models housed at the Image Processing Applications Laboratory (IPALab). The two
cases selected were: a narrow-neck aneurysm with a dome-to-neck-width ratio of
X and wide-neck aneurysm with a dome-to-neck-width ratio of X. Both cases were
bifurcation aneurysms with similar parent and outlet vessel orientations.
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6.2.2 Virtual Device Deployment
Narrow-neck Case
Embolic coil deployment was simulated in the narrow-neck aneurysm using
the strain energy-based approach. A rigid microcathether was placed in the parent
vessel and the microcatheter tip was positioned at the center of the aneurysmal neck.
Embolic coils were deployed without the aid of a balloon. A nine coil deployment
sequence was examined. The deployment sequence is presented in Table 6.1 and
progressive stages of coil deployment are shown in Fig. 2.8. Fluid dynamics were
simulated for six of the nine different packing densities achieved. Steady inlet flow
rates of 2 and 4 ml/s were examined for each investigated packing density. Mean
velocity magnitude (MVM) (from the untreated case) was calculated for each of the
six packing densities.
Table 6.1: Coil deployment sequence in the narrow neck aneurysm. Note that rows
without packing densities represent cases in which fluid dynamics were not simulated.
Coil Number D3 (mm) × coil length (cm) Packing Density (%)
1 9 mm × 15 cm 5.3 (%)
2 7 mm × 13 cm 9.8 (%)
3 6 mm × 9 cm
4 6 mm × 9 cm 16.1 (%)
5 4 mm × 7 cm
6 3.5 mm × 5 cm 20.3 (%)
7 3.5 mm × 5 cm
8 3 mm × 6 cm 24.2 (%)
9 3 mm × 6 cm 26.3 (%)
Mean void diameter (MVD) was also calculated for the investigated packing
densities. The calculation of MVD is demostrated in Fig 6.2. MVD was used to
examine the relationship between packing density and coil distribution.
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Figure 6.1: Simulated coil deployment in an anatomical bifurcation aneurysm model
using the elastic strain energy based approach (a) and progressive stages of coil de-
ployment (b-d).
Figure 6.2: An image slice of the coiled anatomical aneurysm at different packing
densities (PDs), showing the inscribed circles used in the calculation of MVD.
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Wide-neck Case
Five different device deployment configurations were investigated in the wide-
neck aneurysm: (i) a single enterprise stent deployment with 90% porosity (ii) two
(iii) and three telescoped enterprise deployments in a half-Y configuration, (iv) a
cross-bar enterprise stent deployment, and (v) an SAC deployment using the cross-
bar stent configuration. The virtual microcatheter was navigated through the vessel
centerline in each of the stent deployments. Microcatheter position before device
deployment is presented in Fig.6.3.
Figure 6.3: The final position of the virtual microcatheter during telescoping stent
deployments (a), the cross-bar stent deployment (b), and stent-assisted coiling (c)
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Stent expansion was simulated by relaxing radial constraints on the stent (that
were imposed by the microcatheter) in a step-by-step process, which modeled in vivo
stent unsheathing.
6.2.3 Fluid Dynamic Simulation
Fluid dynamics were simulated after each device deployment. In the SAC case, fluid
dynamics were simulated at a final packing density of X.X%. Steady inlet parent
vessel flow rates of 3 and 5 ml/s were examined. The percentage reduction in MVM
(from the untreated case) and percentage increase in intra-aneurysmal pressure was
investigated in each case.
6.2.4 Validation of Telescoping Stent Deployments
The simulated telescoping stent deployment results were compared to results from a
previous experimental study conducted by our group, in which the physical version
of the wide-neck model was used [77]. The study examined aneurysmal velocities
and intra-aneurysmal pressure after sequential deployments of telescoping enterprise
stents and the pipeline embolization device.
6.3 Results
6.3.1 Narrow Neck Case
Figure 6.4 presents the relationship between percentage reductions in MVM (%) and
packing density (%) in the narrow-neck aneurysm. In that Figure, each incremen-
tal increase in packing density leads to a decrease in MVM (with one exception).
However, reductions in MVM with increasing packing density were non-linear (i.e.,
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incremental reductions in MVM were not determined by the unit increase in packing
density). For example, the last coil deployment in the sequence, which corresponded
to the smallest unit increase in packing density, led to the second largest incremental
reductions in MVM.
Figure 6.4: Percentage reductions (%) in mean aneurysmal velocity magnitude versus
packing density (%) at different flow rates.
The effects of packing density on aneurysmal flow patterns are presented in
Fig. 6.5. The Figure shows 3D streamtraces within the aneurysmal sac at different
packing densities (%). Sequential coil deployments are shown to reduce the amount
of flow entering the aneurysm and lead to more complicated flow patterns. However,
while aneurysmal flow velocity magnitudes were consistently reduced with increasing
packing densities, higher velocity magnitudes were present near the aneurysmal neck
at packing densities of 16.1% and 24.2%. Those packing densities also coincided with
the lowest incremental reductions in MVM. At a final packing density of 26.3%, flow
velocity magnitudes in the aneursyaml sac and at the neck were considerably reduced
and the parent vessel flow jet was diverted away from the aneurysm.
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Figure 6.5: 3D streamtraces in the aneurysmal sac at different coil packing densities
(%).
A clear trend between percentage reductions in MVM and flow rate was not
observed. At low packing densities (< 20%), reductions in MVM were greater at
higher parent vessel flow rates, as shown in Fig. 6.6. However, at high packing
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densities (> 20%), reductions in MVM were greater at lower parent vessel flow rates.
Nonetheless, differences in percent reductions in MVM among flow rates was quite
low.
Coil Distribution
A strong linear relationship was observed between packing density and MVD, as
demonstrated in Fig. 6.6 (a). This result implies that trends in MVM vs. MVD
were similar to those described between MVM and packing density. Accordingly, a
non-linear relationship was also observed between MVM and MVD, as shown in Fig.
6.6(b). A least square estimation found the relationship to be exponential with an
R2 of 0.93.
Figure 6.6: Percentage reductions (%) in mean aneurysmal velocity magnitude versus
mean void diameter (mm) at a 2 ml/s flow rate (a) and packing density (%) versus
mean void diameter (mm) (b). Least square exponential and linear line fits are also
presented.
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6.3.2 Wide-neck case
Aneurysmal Velocities
Fluid dynamic simulation of the untreated wneck model showed a parent vessel flow
jet impinging onto the aneurysmal wall, as shown in Fig. 6.7. Each sequential
telescoping deployment led to a dissipation of the impinging flow jet. However, even
after three telescoping stent deployments, percentage reductions in MVM were still
less than 30%, as shown in Fig. 6.8. Percentage reductions were much greater after
SAC, and were almost three times greater than the highest reduction calculated after
3 telescoping stents. Figure 6.7 also shows the SAC case effectively blocking the
impinging parent vessel flow jet near the aneurysmal neck. In comparison, the 3
stent case shows only a splitting and slight dissipation of the impinging flow jet.
Figure 6.7: 3D streamtraces in the wide neck anatomical model after different device
deployments and at a parent vessel flow rate of 5 ml/s
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Figure 6.8: Percentage reductions (%) in mean aneurysmal velocity magnitude in the
wide neck model after different device deployments and for different parent vessel
flow rates (ml/s).
Flow Diversion Promoted by Telescoping Stent Deployments
Figure 6.7 also shows higher velocities in the treated outflow branch after 2 and 3
telescoping stents. However, the largest percentage increase in flow at the treated
outflow branch (as compared to the untreated case) was less than 2%. Accordingly,
changes in flow splits at the outlets were negligible among treatments.
Intraaneurysmal Pressure
The trend in percentage increase in intraaneurymal pressure among treatments was
similar to that of MVM. The largest percentage increases occurred in the SAC case,
as shown in Fig 6.9. However, percentage increases were less than 6% in that case.
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Figure 6.9: Percentage increases (%) in intraaneurysmal pressure in the wide neck
model from the untreated case.
Comparison with Experimental Results
Simulated and experimental results showed good agreement. Both results showed
low reductions in MVM after telescoping stent deployments, as shown in Fig. 6.10.
Specifically, experimental and simulated results showed a 9.7% -15.2% and 12.7% -
28.2% range in percent reductions, respectively.
Differences, however, were observed between physical and simulated stent de-
ployments, as presented in Fig 6.11. Physical stents showed more acute bends near
the aneurysmal neck after deployment. Nonetheless, similar flow patterns were ob-
served between the simulated and experimental results. Specifically, in both cases,
sequential stent deployments led to additional dissipation and splitting of the parent
vessel flow jet, as shown in Fig. 6.11.
143
Figure 6.10: Comparison between simulated and experimental percentage reductions
in RMS velocity magnitude within the aneurysm (%) at different parent vessel flow
rates (ml/s).
6.4 Discussion and Conclusions
The are many challenges encountered when simulating endovascular treatment. For
example, device geometry can present several challenges to commonly used compu-
tational modeling and meshing techniques. Further, device deployment is difficult to
simulate due to the complex shapes and material properties of endovascular devices
and the numerous contact interactions that are involved during deployment. Previous
computational studies have relied on many drastic simplifications to circumvent these
challenges [2,63,66]. However, both device geometry and deployment can play a major
role in determining hemodynamic outcomes. The approaches developed in this Thesis
address the challenges in simulating endovascular treatment through device-specific
finite element models. Application of the approaches are demonstrated through the
evaluation of two aneurysm cases.
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Figure 6.11: 3D streamstraces in the wide-neck computational model after one (a)
and three (c) telescoping stent deployments. Flow velocity vectors in the physical
model after the same stent deployments (b) and (d), respectively. Results are shown
at a 3 ml/s parent vessel flow rate
6.4.1 Narrow Neck Case: Predicting the Number of Coils Needed to Considerably
Reduce Aneurysmal Inflow
During treatment with coils, clinicians are confronted with a large degree of uncer-
tainty around the number of coils required to significantly reduce aneurysmal inflow.
Previous clinical studies suggest that number depends on the size, shape, and type
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of aneurysm being treated [53]. Accordingly, the first case examined application of
the developed approaches for mitigating clinical uncertainty during coil deployment.
Results showed that the relationship between packing density (i.e., the num-
ber of coils) and aneurysmal velocities was non-linear. The smallest coil deployed
last in the deployment sequence led to the second largest reduction in aneurysmal
velocities. This new result agrees with the conclusions from the previous experimen-
tal study presented in Chapter 4, which showed that the smallest coils deployed last
in the deployment sequence led to the largest reductions in aneurysmal inflow. One
disagreement, however, was observed between the new anatomical results and the pre-
vious idealized model results. Specifically, previous results showed higher percentage
reductions in aneurysmal velocities at lower parent vessel flow rates, while the results
of the anatomical model showed negligible differences among flow rates. Accordingly,
the influence of parent vessel flow may be dependent on aneurysmal geometry.
A strong linear relationship was observed between packing density and MVD.
This result is significant because MVD is shown to be equivalent to the common
clinical packing density metric. However, as shown in Chapter 4, the MVD metric is
sensitive to coil distribution and is therefore, a more descriptive metric for evaluating
coil deployment.
6.4.2 Wide-neck Case: Comparison Among Treatments
There are many different treatment options for wide-neck aneurysms. Treatment
options include treatment with flow diverters, telescoping stents, and stent-assisted
coiling. The effectiveness of the treatments in relation to one another is poorly
understood, and may be patient-specific. Therefore, the second case examined the
146
feasibility of the developed approaches in determining the most effective treatment
on aneurysmal fluid dynamics.
Results showed that sequential stent deployments (in a telescoping configu-
ration) led to incremental reductions in aneurysmal velocities. Those results agreed
with conclusions from previous experimental and computational studies presented in
Chapter 5. However, even after 3 telescoping stent deployments, less than a 30%
reduction in aneurysmal velocities was observed. It should also be noted, that a
pipeline deployment in the physical version of the anatomical model also showed less
than a 30% reduction in aneurysmal velocity magnitude [77]. The poor performance
of flow diverters in that model may be attributed to its geometry. Specifically, the
orientations of the parent and outflow vessels axes led to a persistent parent vessel
flow jet that was directed at the aneurysm. Multiple stent deployments could not
dissipate that flow jet to a considerable degree. Stent-assisted coiling, however, was
more effective at dissipating the flow jet, as the coils were placed in the direct path of
the impinging flow jet. Accordingly, stent-assisted coiling led to the largest reductions
in aneurysmal velocities.
6.4.3 Agreement between Experimental and Computational Results
Differences were observed between physical and simulated stent deployments. These
differences were attributed to the placement of the stents. Specifically, stents were
virtually deployed, in the simulated cases, close to the bifurcation, which led to bet-
ter apposition of the computational stent struts with the aneurysmal wall. However,
in the physical deployments, the stent was placed further downstream of the bifur-
cation region, which may have led to its poor apposition with the aneurysmal wall
there. Nonetheless, simulation and experimental results showed good agreement. For
example, the range in percent reductions among sequential telescoping treatments
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were similar across simulated and experimental results. Simulated flow patterns were
also similar to the experimental cases. Specifically, simulated and experimental cases
showed similar aneurysmal velocity magnitudes and flow jet splits. Additionally, sim-
ulated intra-aneurysmal pressure results agreed with experimental pressure measure-
ments, which showed negligible differences in intraaneurysmal pressure after physical
telescoping stent deployments [77].
6.4.4 Limitations
Several limitations of this study relate to the range of flow conditions and metrics
investigated. For example, only steady state flow conditions were examined. Steady
state simulations reduced computational cost and therefore, facilitated examination
of a larger number of treatment cases. However, experimental results showed similar
trends under pulsatile and steady flow conditions, which suggests that steady flow
conditions can provide good estimates of pulsatile trends [77]. The study is also lim-
ited in that only two hemodynamic metrics were investigated: aneurysmal velocity
and intraaneurysmal pressure. Those metrics were chosen because they are clinically
relevant and characterize the overall hemodynamics within the aneurysm well. Fi-
nally, identical resistances were imposed at both outlets, which simplified the CFD
model. However, unbalanced downstream resistances are common in vivo and can
have a significant influence on flow distribution in anatomical bifurcations [98].
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FUTURE WORK
The two main objectives of this Thesis were to 1) develop realistic computational
models for simulating endovascular treatment and 2) build a fundamental under-
standing of the effects of common treatment parameters on aneurysmal fluid dynam-
ics through controlled conditions (i.e., idealized aneurysm geometries, steady flow
and rigid boundary conditions). Future work is proposed to extend the developed
approaches and fluid dynamic understanding over a larger population of patient cases.
The transition of this work from idealized to patient-specific geometries will require
consideration of more realistic boundary conditions. Accordingly, future work is pro-
posed to examine fluid-structure interactions, boundary conditions that are based on
physiologic resistances, and pulsatile flow conditions. Examinations of a large popula-
tion of patient cases will also require reductions in computational cost. Therefore, an
additional goal of future work is to reduce computational cost through examinations
of different CFD and finite element solvers.
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